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Nanoelectrode ensembles (NEES) are prepared, functionalized and tested to prepare enzymatic and affinity sensors suitable for advanced molecular diagnostics purposes, namely the development of a miniaturized glucose biosensor and the preparation of novel electrochemical and electrochemiluminescence immunosensors for celiac disease diagnostics.

For the first goal, a second generation enzymatic microbiosensor was developed exploiting the properties of NEEs prepared by electroless gold deposition in track-etched polycarbonate (PC) membrane. The micro-NEE glucose biosensor (overall radius of 400 µm) was obtained by immobilizing glucose oxidase (GOx) on the nonconductive PC component of the NEE, while the Au nanoelectrodes were used exclusively as transducers. The (Ferrocenylmethyl)trimethylammonium cation (FA + ) was used as the redox mediator. The proposed biosensor showed outstanding analytical performances with a detection limit of 36 µM for glucose.

The second goal concerns celiac disease (CD) diagnostics. CD is an auto-immune disorder which reflects in abnormally high blood levels of the anti-tissue transglutaminase (anti-tTG) antibody, suitable as biomarker for CD diagnosis. Existing diagnostic techniques lack the desired level of sensitivity and specificity so that a confirmatory biopsy test is required. To overcome this limit, in this work electrochemical (EC) and electrogenerated chemiluminescence (ECL) immunosensors are proposed and studied. The two kinds of sensor employ the same biorecognition platform, based on tTG as biorecognition layer and NEEs as electrochemical transducers. EC and ECL sensors differ by the label used to develop the detection signal. By exploiting the high affinity of PC for proteins, the capture agent tTG is at first immobilized on the PC of the NEEs obtaining a tTG-NEEs which captures anti-tTG. For EC detection, the label is a secondary Ab labeled with horseradish peroxidase, using hydroquinone as redox mediator to generate the detection signal. For ECL, the sensor, after capturing anti-tTG, is reacted with a biotinylated secondary antibody to bind streptavidinatede Ru(bpy) 3 +2 luminophore. Application of an oxidizing potential in tripropylamine (TPrA) solution generates an intense ECL suitable for the sensitive ECL detection of anti-TG. Note that TPrA acts as redox mediator and ECL co-reactant. Both EC and ECL sensors are applied to human serum samples, showing to be suitable to discriminate between healthy and celiac patients. A comparison between the two approaches indicates that the lowest detection limit, namely 0.5 ng mL -1 of anti-TG, is achieved with the ECL immunosensor.

Réseaux Aléatoires de Nanoélectrodes Utilisés Comme Plateforme de Détection Electrochimique et Electrochimiluminescente pour le Diagnostic

Résumé

Des réseaux aléatoires de nanoélectrodes ont été utilisés comme plateformes analytiques pour développer de nouveaux biocapteurs enzymatiques ou d'affinité. Dans ce travail de thèse, il s'est agi de préparer un biocapteur à glucose miniaturisé et des immunocapteurs électrochimiques et électrochimiluminescents (ECL) pour le diagnostic de la maladie de coeliaque. Dans un premier temps, un biocapteur enzymatique de seconde génération a été développé en exploitant les propriétés de réseaux aléatoires de nanoélectrodes. Ces réseaux ont été préparés par dépôt d'or au niveau de membranes "track-etched" de polycarbonate. Le capteur à glucose a été obtenu en immobilisant la glucose oxydase sur la surface de polycarbonate non-conductrice alors que les nanoélectrodes d'or sont exploitées comme transducteur.

Le cation (ferrocènylmethyl)triméthylammonium a servi comme médiateur redox dans cette configuration expérimentale qui a conduit à une limite de détection de 36 µM pour le glucose.

Dans un second temps, ce travail a porté sur l'élaboration d'outils de diagnostic pour la maladie de coeliaque. C'est une maladie auto-immune qui induit une concentration anormalement élevée de l'anticorps anti-transglutaminase (anti-tTg) dans le sang. Cette molécule anti-tTG est un biomarqueur adapté pour le diagnostic de cette pathologie. Les techniques de diagnostic actuelles souffrent d'une spécificité et d'une sensibilité insuffisantes. Pour améliorer ces aspects analytiques, deux types d'immunocapteurs ont été développés. Ils différent par la nature du signal, soit électrochimique soit ECL. La première étape commune est l'immobilisation, à la surface du polycarbonate entourant les nanoélectrodes, de la protéine tTG qui permet de capturer l'anticorps anti-tTg. Pour la détection électrochimique, un anticorps secondaire marqué par la peroxydase du raifort peut réagir avec un méditeur redox tel que l'hydroquinone et ainsi induire un signal électrochimique au niveau des nanoélectrodes. Pour le capteur ECL, la capture de l'anticorps cible anti-tTG permet de fixer ensuite un anticorps secondaire biotinylé qui se lie avec le luminophore, Ru(bpy) 3 +2 , modifié par une streptavidine. L'imposition d'un potentiel suffisamment anodique au niveau des nanoélectrodes oxyde le co-réactif, la tri-n-propylamine, et génère ainsi des flux importants de radicaux qui diffusent et induisent l'émission ECL en iii réagissant avec le luminophore immobilisé. Cela conduit à une limite de détection de 0,5 ng.mL -1 qui est inférieure à celle obtenue par la voie électrochimique. Les 2 immunocapteurs ont été appliqués à l'analyse d'échantillons de sérum sanguins de patients et cela a permis de discriminer les échantillons des patients sains de ceux atteints de cette pathologie.
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Organization of the Thesis

A general introduction on electrochemical biosensors and celiac disease (CD) is presented in Chapter 1. Since this work is mainly aimed at developing highly sensitive and specific electrochemical biosensors for diagnosis of CD and associated disorders, the chapter is dedicated to providing relevant background information on electrochemical biosensors, nanoelectrode ensembles (NEEs) transducers and on an emerging ECL detection strategy as well as general review on the disease to which the biosensors are developed.

Chapter 2 presents a new miniaturized glucose sensor developed by immobilizing the enzyme glucose oxidase on the polycarbonate portion of the Au NEEs. This work is included in this thesis because of two main reasons: firstly, since glucose oxidase is commonly used as a model biorecognition element to study new biosensor platforms, we used it to further investigate the effectiveness and reproducibility of proteins immobilization on the PC of miniaturized NEEs without any chemical modification, and secondly, insulin dependent diabetes mellitus (IDDM) is an autoimmune disorder frequently co-exists with CD so that a patient clinically identified to have one of the disorders is advisable to be diagnosed for the other. Therefore, it is quite interesting to develop a full package of biosensors (for both disorders) manufactured in the same way and that operate by the same principle.

Two NEEs based highly sensitive and specific novel immunosensors developed for diagnosis of CD are discussed in Chapters 3 and 4. In both cases the antigen tTG is directly and selectively immobilized on the PC part of the NEEs in order to capture the IgG isotype of anti-tTG. In Chapter 3, the conventional redox enzyme detection strategy using HRP labeled secondary Ab and H 2 Q redox mediator are used to develop very stable and low detection limit immunosensor.

In order to further enhance the sensitivity, specificity and detection limit of the immunosensor, an ECL detection based immunosensor is developed and evaluated in Chapter 4. ECL is one of the latest commercially feasible detection strategies for biosensors with many extraordinary analytical advantages.

Finally, attempts are made to selectively modify and immobilize biomolecules on homemade individually addressable microelectrode arrays (made up of discarded computer chips) in the intent of developing multiplexed biosensors for CD biomarkers and glucose sensing. The preliminary results are presented in the appendix of the thesis.

Chapter 1

General Introduction

Electrochemical biosensors 1.Definition and principles

A comprehensive and widely accepted definition of "electrochemical biosensor" is devised by IUPAC as: "an electrochemical biosensor is a self-contained integrated device, which is capable of providing specific quantitative or semi-quantitative analytical information using a biological recognition element which is retained in direct spatial contact with an electrochemical transduction element" [1].

Electrochemical biosensors are composed of a biorecognition element, transducer (electrode), signal amplification and display systems (Figure 1.1) [2,3]. The biorecognition element is composed of biological entities such as enzymes, antibodies (Ab)/antigens (Ag), proteins, nucleic acids, cells, tissues or receptors that are in direct contact or in close proximity with the transducer and is the part where signal originates from biochemical interactions. It incorporates sensitivity and selectivity to the system, thus minimizing matrix interferences. The transducer in turn, transforms the biochemical output from the biorecognition component into electrical energy (current, potential difference, conductance, capacitance or electrical resistance). The electrical signal depends, which on the concentration of the analyte, is further amplified and displayed as a meaningful output [2][3][4][5]. The type of electrode used determines the sensitivity, cost, potential window, and method of biomolecule immobilization.

Inert metals such as platinum, gold and different forms of carbon are most suitable electrodes.

Electrochemical biosensors have been intensively studied and widely applied in various areas, including public health, drug discovery, food safety, environmental monitoring, forensics and security [5][6][7][8].

Classification and applications in medical diagnosis

Electrochemical biosensors can be divided into two categories based on the nature of the biological recognition process, i.e. biocatalytic and bioaffinity. The biocatalytic sensors include enzymes, whole cells or tissue components as recognition elements. They are naturally able to selectively detect the target analyte; in the case of redox enzymes, they can continuously produce or consume electroactive species [1,3]. Bioaffinity sensors, however, rely on the binding of the analyte via selective biochemical interaction with the biosensing components such as antibodies, oligo-or poly-nucleotides, or bioreceptors [1,3]. In this format, equilibrium response is monitored since there is no net consumption of the analyte by the immobilized agent [1,3].

The first practically feasible electrochemical biosensor for the determination of blood glucose level was introduced in 1962 by Leland C. Clark, who is considered the father of electrochemical biosensor [9,10]. After incessant efforts, the first commercial electrochemical glucose sensor was released into the market by Yellow Springs Instruments in 1975. Since then, research and applications in the electrochemical biosensors field is experiencing continuous advances and the widespread use of these analytical devices is changing the testing protocols in the health care system. Nowadays, electrochemical biosensors are used worldwide for blood glucose selfanalysis; moreover they are widely applied for the detection of some tumor markers, for performing measurements at the single cell level, for real time continuous monitoring of physiological processes [11][12][13]. Owing to their specificity, speed, portability, low cost, short analysis time and simplicity to operate, electrochemical biosensors are widely accepted in decentralized clinical applications such as in physician's office, intensive care unit (ICU), emergency-room, bedside, and self-testing [12][13][14][15][16][17]. Unlike bulk techniques, the signal in electrochemical biosensors is localized at the electrode/solution interface making the detection sensitive and suitable for miniaturization. Moreover, the processes do not require (or reduce to a minimum) sample pretreatment and biosensors can be applied for performing direct analysis even in colored and turbid samples like whole blood, serum or urine [18].

A) Electrochemical enzyme biosensors

The enzyme is usually confined in close proximity with the electrode in order to measure concentration of its substrate, product, inhibitor, substances involved in the in situ generation of the substrate or inhibitor, or even an electron transfer mediator [3]. Even when enzymes are immobilized directly onto the electrode, the direct electrons exchange between the two is usually difficult because the active site of most redox enzymes is buried within their tertiary protein structure. Therefore, enzyme-based biosensors often require artificial redox mediators which shuttle electrons between the redox center of the enzyme and the electrode [3].

The success of enzymatic electrochemical sensors is mainly due to excellent selectivity, sensitivity, short response time, low cost and easy preparation and use [19,20]. The enzymatic glucose sensor is the pioneering biosensor and it is used as the comparison benchmark for the development of other biosensors. It is based on the use of glucose oxidase that is a robust enzyme characterized by high turnover rate, excellent selectivity, good thermal and pH stability, low cost [19]. Enzymatic electrochemical biosensors are typically classified into 3 classes (Figure 1.2) on the basis of the mode by which the electrochemical signal is generated [5,6,12,21]. First generation biosensors base their functioning on the direct electrochemical detection of either the substrate consumed or product formed during the biocatalysis; obviously, in this case the substrate or the product must be electroactive. In second generation sensors, a redox mediator is used to facilitate fast electrons exchange between the enzyme and the electrode as well as to reduce the role of possible interferences. Third generation enzymatic biosensors are based on monitoring the biocatalytic process by direct detection of the electron exchange rate between the active site of the enzyme and the transducer (electrode). This approach is applicable only to few redox enzymes and often it requires the use of suitably modified electrode surfaces. the electrode (C) [6]. Ssubstrate, Pproduct.

Current advanced research on glucose and other enzymatic sensors focuses on the extreme miniaturization of the device and on the development of implantable sensors for in vivo monitoring of clinical and physiological parameters.

B) Electrochemical immunosensor

Electrochemical immunosensors are affinity biosensors which perform immunoassays based on Ag and Ab recognition. They have become vital for the determination of biochemical targets relating to health concerns ranging from cancer biomarkers in patient serum to bacterial species in food [2,22,23]. The electrochemical signal is generated directly or indirectly by the binding of the complementary species, typically via Ag/Ab interaction [22,23]. Immunological interactions have gained great attention for the development of biosensors thanks to i) their extraordinary specificity and affinity (about three orders of magnitude higher than enzyme-substrate complexes), ii) possibility of production of antibodies including recombinant human for many disease biomarkers, iv) suitability for labeling with reporter substances to monitor the interaction [18]. Even if the direct electrochemical detection of the binding event is possible typically via Electrochemcial Impedance Spectroscopy (EIS), in the majority of electrochemical immunosensors, detection is performed indirectly using electroactive labels such as enzymes (Figure 1.3) or electroactive probes [18,[23][24][25]. In most immunosensor platforms, the label is tagged on to a secondary Ab (Sec-Ab). The use of Sec-Ab to indirectly detect the target Ag/Ab requires more steps than using the primary Ab alone. However, it offers increased sensitivity due to the signal amplification resulting from multiple Sec-Abs binding to a single primary Ab, and in immunosensors where the primary Ab itself is the analyte to be determined [26]. It is worth noting that, often, it is easier and less expensive to bind a label to a Sec-Ab rather than to the target protein. Moreover, many labeled Sec-Abs are commercially available and they can be used for generating signals using different analytical schemes and for different analytes: the selectivity and sensitivity of the method is indeed determined by the specific interaction of the analyte with the primary antibody, the labeled Sec-Ab being added in a final step, after extensive washing of the sensors and consequent removal of possible interferences. The drawback is that this is a delicate and timeconsuming procedure.

Biomolecule immobilization strategies

Biorecognition element immobilization is the most important step in biosensor development. It enhances the analytical sensitivity via concentrating the detection processes at the electrodesolution interface. Also, it facilitates intermediate washings in order to remove interfering species and excess detection probe [27]. Mechanisms of biomolecule immobilization are classified into adsorption, entrapment, covalent, cross-linking, self-assembled monolayer and affinity. In addition to these conventional methods, new approaches have been introduced such as hydrogel and sol-gel matrices, lipid membranes, magnetic beads, screen-printing and molecular imprints [27,28]. The immobilization process is practically the most challenging step in biosensor development [9,29]. The choice of a suitable immobilization method depends on the simplicity and reproducibility of immobilization, the nature of the biorecognition element to be immobilized, the type of transducer used, the physicochemical properties of the analyte, the conditions in which the biosensor will be used, and most importantly the biological element should exhibit optimum activity in the immobilized form [9]. Moreover, the biomolecule must be accessible to the analyte, nonreactive towards the host structure and remain tightly bound during the use of the biosensor [9,28].

Biomolecules very rarely form analytically adequate direct binding to electrode surfaces, thus, in the majority of the biosensors, modification of the electrode surface is required prior to the immobilization of biorecognition elements. Some times the modification requires multiple steps and the use of additional reagents [9,30]. The immobilization process on nanoelectrodes is more complex than on macro-electrodes due to two main reasons. i) Due to the very small surface area, biomolecule loading capability is too low. Sophisticated signal amplification system is required to get analytically meaningful response. ii) The electrode surface modification creates an additional diffusion layer that further reduces the feeble overall current at nanoelectrodes [30].

In order to solve these problems, a new biomolecule immobilization approach on the nonconductive polymeric surface of polycarbonate (PC) templated nanoelectrode ensembles (NEEs) is reported (sufficient details and references are provided elsewhere in this document).

Ensembles of nanoelectrodes

Nanoelectrode ensembles are electrochemical devices composed of randomly spaced electrodes each possessing at least one dimension less than 100 nm, and find application in a wide range of fields, ranging from nanosensors to bio-analytical devices, from energy storage to magnetic materials [31][32][33].

Miniaturization of electrochemical devices is attracting huge research attention mainly because it reduces cost, eases mass production, improves portability, facilitates multiplexing and automation, lowers sample size, simplifies sample analyses, enhances speed of analysis and reduces invasiveness of implantable devices [34][35][36][37]. Electrochemical miniaturization is mainly focused on reducing the size of the working electrode to as low as the nanoscale [4,38,39]. These electrodes offer unique electrochemical properties different from macro-electrodes opening a new research domain [40,41]. The benefits include: i) Electrochemical experiments can be performed in poorly conducting media (even in absence of supporting electrolyte) because ohmic drop is significantly low [4,32]; ii) Double-layer capacitance, a function of the electrode area, is greatly reduced allowing measurements at very fast scan rates; iii) The high rate of mass transport to and from the electrode enhances the signal-to-noise ratio; iv) Very small amount of sample is required; v) Suitable for in vivo measurements; and vi) The slow electron transfer rate at nanoelectrode is helpful for studying the kinetics of fast redox processes. All these properties lead to enhanced performances with increased sensitivity and lowered detection limit by orders of magnitudes [4,31,32,42].

Besides the unique analytical and electrochemical advantages of nano-sized electrodes, manufacturing, and controlling of their position, shape and size are major challenges. One method of solving these problems is using template based manufacturing so that the parameters of the nanoelectrodes are well controlled and predetermined by the pores of the host [32,43].

The first template based fabrication of NEEs for electrochemistry was established by Menon and

Martin [44][45][46]. The method relies on precipitation of metallic gold particles into pores of tracketched PC filter membrane producing densely populated random arrays (known as "ensembles")

of Au nanofibers with cross-section down to 10 nm [47,48]. This concept has been used for preparing nanoelectrodes of diameter as small as 2 nm which is quite difficult to achieve with lithographic techniques [49].

The commercial track-etched PC ultrafiltration membranes, used as template, are industrially manufactured by two main steps that determine the pore size, density and geometric alignment [50,51]. The first step is "tracking" of a micrometer thickness PC film either by irradiation from nuclear fission or ion beam to form latent damages that will be transformed to pores. The second step is the "chemical etching" whereby the damaged zones of the latent tracks are chemically removed using alkali solution (KOH or NaOH) forming cylindrical pores [50,52]. Au + + Ag 0 Au 0 + Ag + Catalytic cores of Au metallic particles are formed by galvanic displacement of Ag particles on the pore walls and two sides of the membrane. The Au particles in turn serve as seeds for further reduction of Au + using formaldehyde as reductant.

2Au + + CH 2 O + 3OH - 2Au 0 + CHOO -+ 2O 2 H
Because the growth of the nanofibers starts from the walls of the pores, termination of the Au deposition after relatively short time produces gold nanotubes. However, if deposition is continued for a period of 24 h, nanowires traversing the whole thickness of the membrane are formed [45,46]. v) Cleaning -the membrane bearing the gold is rinsed with distilled water and immersed in 10 % HNO 3 to dissolve residual Ag and Sn.

B) Assembly of NEEs

This process allows to define the shape, size, geometric and active area of the NEE as well as to transform a golden PC membrane into a handy and useful electrochemical device.

Details of the assembly process can be found from Menon and Martin, and Ugo's group [45,55].

Briefly: a piece of membrane bearing the nanowires and thin film of Au on both faces of the membrane is placed partly on a conductive adhesive strip of copper foil and partly on Al foil tape such that the rough face of the membrane faces towards the foils. 

Electrochemical properties

In order to explain the electrons transfer kinetics and mass transport at nanoelectrodes using the existing theories, two important assumptions are made; i) nanodisks of NEEs can be regarded as densely populated very small ultramicroelectrodes, and ii) a NEE can be considered as an electrode with partially blocked surface, that is regular electrode of the same geometric area of the NEE whose large fraction of surface is covered by an insulator [56]. According to Amatore et al. model, the current response at partially blocked electrode (PBE) is identical to that at a bare electrode of the same overall geometric area [56]. However, electron transfer kinetics appears slower than at the macro-electrode and is inversely related to the extent of coverage by the insulator. The apparent rate constant (k o app ) at PBE is related to the true standard charge transfer rate constant (k°) and the fractional electrode area (f).

k o app = k° f
The nature of the voltammetric responses at the NEEs is governed by the distance between the neighboring nanodisks, and the experimental time scale which determines the diffusion layer thickness at each element [57][58][59]. Although intermediate diffusion regimes may occur on tuning the two factors, two boundary conditions can be considered: "total diffusion layer overlap" regimewhere the distance between the nanodisks is smaller than the radius of the diffusion layer thickness or the voltammetric measurement time scale is long enough causing complete diffusion layers overlap; or "pure radial"when separation between nanoelectrodes is larger than the thickness of diffusion layer so that each nanoelectrode behaves independently (Figure 1.6) [31,41,55,57,58,[60][61][62]. The density and the diameter of the nanodisks are determined by the density and diameter of the pores of the membrane template respectively. PC filter membranes with high pore density and pore diameters ranging from 10 nm to 10 μm are commercially available [47,51]. NEEs prepared using these membranes (where all the pores are filled and fibers are intact) operate in the totaloverlap response regime forming a planar uniform thickness diffusion layer across the entire geometric area of the NEE. Therefore, they behave like a macrodisk electrode producing peakshaped CVs, although a large portion of the electrode geometric area is the insulating PC host and only a tiny fraction is therefore electroactive. The faradaic current (i F ) is proportional to the total geometric area (A geom ) of the NEE (both polymeric and metallic), while the double-layer charging currents (i c ) are a function of only the electroactive area (A act ) [52,60,63]. As a result, the ratio of the faradaic-to-background currents can be as much as 3 orders of magnitude higher than at a macro-electrode of equal geometric area. This is the secrete behind the extremely low detection limits offered by the NEEs [45,51,52,55,[64][65][66].

i C = vC dl A act where C dl is the double-layer capacitance of Au nanodisks and experimentally determined for macro gold electrode to be 21 µF.cm -2 , v is the scan rate (V sec -1 ).

i p = 2.69×10 5 n 3/2 A geom D 1/2 C * v 1/2
where i p is the peak current, D is the diffusion coefficient (cm 2 sec -1 ), C* is the bulk concentration of redox species (mol. cm -3 ).

Analytical and bioanalytical applications of NEEs

So far, NEEs are demonstrated to be attractive devices for analytical and bioanalytical applications ranging from trace analysis to biosensor development due to increased sensitivity and lowered detection limits [67]. Although the real-world application of nanoelectrodes is at infancy, they are considered to be promising devices for single cell level studies, real time monitoring of physiological phenomenon and multianalyte sensing [24,39,68,69]. Finding a suitable method of immobilizing biorecognition element without compromising their innate advantages is the key step in the successful development of advanced nanoelectrochemical biosensors. The conventional approaches are based on depositing the biomolecule either on the entire geometric surface or selectively on the gold nanoelectrodes [66,70]. The later requires etching of the PC template to increase the exposed metallic surface maximizing the biomolecule loading. However, as the exposed metallic surface increase, the capacitive current correspondingly increases reducing signal-to-background current ratio [54].

Besides the original functions of the PC membrane for holding, aligning, shape defining, and area determining of the nanoelectrodes, it is recently used as a selective substrate for immobilizing the biorecognition elements of biosensors. By this way, the gold nanodisks are used only for electrochemical transduction [71,72].

Using the new approach, two detection schemes have been established. Scheme A, based on the direct immobilization of the target protein on the PC of the NEE, and scheme B, based on the immobilization of a capture Ab or Ag on PC (Figure 1.7) [73]. A possible drawback of scheme A could be competitive binding of other proteins to the PC surface especially when the sample is composed of complex matrix like in blood.

Further works are in progress in order to enhance the biomolecule loading capability of the PC through plasma or chemical activation to create additional sites suitable for biomolecule binding (-COOH groups) [74,75].

Electrogenerated chemiluminescence 1.3.1 Definition and developments

Electrogenerated chemiluminescence/Electrochemiluminescence (ECL) is a form of chemiluminescence initiated by electrochemical generation of reactive species that can undergo high-energy electron-transfer reactions to produce excited state luminophore which eventually emits light [76][77][78]. The overall procedure involves electrochemical, chemical and luminescent processes. The electrochemical process is most important without which the species in the system do not undergo the following cascade of reactions to produce emission [76][77][78].

Historically, emission of light during electrochemical reactions was first observed in the 19 th century [START_REF] Bard | Electrogenerated Chemiluminescence[END_REF]. In 1928, Harvey managed to generate light emission from luminol in alkaline solution [START_REF] Knight | [END_REF]. After a decade (in 1939), Tamamushi and Akiyama [81] observed flash of light at a Pt cathode immersed in a basic solution containing lucigenin. However, ECL was well understood only after 1964 following a pioneering in-depth explanation by David M. Hercules [82]. A more extensive study on the ECL emission of lucigenin, both in aqueous and nonaqueous media, was reported by Legg and Hercules in 1969 [83]. In the development of ECL, the discovery of Ru(bpy) 3 2+ as water soluble luminophore in 1972 and the emergence of coreactants in 1977 are considered to be most remarkable [84][85][86]. These discoveries are important turning points for the application of the technique in the area of bioanalysis [85] which is still on an exponential growth. 

Advantages of ECL

A) Classification based on type of luminophores

So far, three main groups of ECL emitters have been explored: organic, inorganic/metal complexes and nanomaterials [88,89]. The dominance of organic luminophores mainly lucigenin, rubrene and luminol started to decline following the discovery of metal chelate emitters especially Ru(bpy) 3 2+ by Tokel and Bard in 1972 [86,87,90]. Besides Ru complexes, other transition metal chelates of Os, Ir, Rh, Re, Eu, Pd, and Mo have been discovered to produce ECL [91]. Metal complex emitters are the main interests of researchers due to: First, their attractive electrochemistry, suitable solubility, and stability. Second, they offer broad spectrum of applications by either direct detection of analytes that can serve as co-reactants, or indirect detections using external co-reactant. Third, Ru complexes in particular Ru(bpy) 3 2+ have caused a paradigm shift in the field of ECL and played pivotal role in the transformation of the technique into practically applicable commercial bioassays. This is because of its high sensitivity, wide dynamic range, rapidness, simplicity, and stability as a label for immune and DNA probe assays. Fourth, metal complexes (example iridium complexes) enable easy color tuning in light emitting devices and multiplex analytical applications [88].

Recently, semiconductor nanocrystals or quantum dots (QDs) have also been exploited as emerging ECL emitters [92,93]. Compared to conventional molecular emitters, QDs own several distinctive merits like size/surface-trap controlled luminescence and good stability against photobleaching [94,95].

B) Classification based on type of solvent

Nonaqueous solvent

Early studies of annihilation ECL have almost always been performed in nonaqueous solvents such as N,N-dimethylformamide, tetrahydrofuran or acetonitrile [78,[96][97][98]. The presence of even residual amounts of water and dissolved oxygen quench the ECL reaction. Hence experiments have been usually carried out under dried conditions. The major difficulties of designing ECL systems in aqueous solutions were (i) limited solubility of the organic luminophores, (ii) reactivity of electrochemically generated radical ions with water, and (iii) the limited potential window of water [START_REF] Knight | [END_REF]96].

Aqueous solvents

The discovery of water soluble luminophores (e.g. Ru(bpy) 3 2+ in 1972) with relatively stable intermediates, and the emergence of aqueous co-reactants (oxalate in 1981 was the first) allowed ECL to be generated in aqueous media. This opened a key entry point for a new era of ECL in the field of biosensors [77,99,100]. Since these remarkable discoveries, both components of ECL (luminophores and co-reactants) are being intensively researched and utilized for real world applications.

C) Classification based on mechanism of ECL emission

There are two main mechanisms of ECL emission: annihilation and co-reactant. In both schemes, electrochemically oxidized and/or reduced species combine to generate an excited state that relaxes emitting light [87,101]. 

Annihilation ECL

ECL is generated from an excited state luminophore produced by energetic electron transfer reaction between electrochemically oxidized and reduced forms of a reagent. These species can be generated either by applying alternating pulse of oxidizing/reducing potentials to a single working electrode, or at two electrodes each set at a reductive or oxidative potential [START_REF] Bard | Electrogenerated Chemiluminescence[END_REF]89,101].

In addition to the requirement of an emitter to have both the oxidized and reduced forms, another important drawback of the annihilation processes is the very wide potential window required to simultaneously produce both species. Accordingly, the solvent and supporting electrolyte need to have a potential window wide enough to permit both the oxidation and reduction processes. For example, ECL generation from the well-known Ru(bpy) 3 2+ via annihilation route requires application of either pulses of potentials at around +1.2 and -1.4 V vs Ag/AgCl, or cycling the potential between these values to produce the reactive intermediates (Figure 1.8A). This is why almost all early ECL reactions have been carried out in organic solvents [84,87].

Co-reactant ECL

A co-reactant is a sacrificial reagent that after electrochemical oxidation/reduction may undergoes chemical transformation to form a strong reducing/oxidizing intermediate that can either react with the luminophore directly, or after electrochemical oxidation or reduction of the luminophore. The chemical reaction between the two species produces excited state luminophore that eventually relaxes emitting light (Figure 1.8B) [START_REF] Bard | Electrogenerated Chemiluminescence[END_REF]101,102,103).

The invention and practical application of co-reactants offered distinct benefits over the annihilation ECL [77,87]. Namely, (i) since the reactive species of the luminophore and the coreactant are generated in a narrow potential window, only a single potential step or unidirectional sweep is sufficient to initiate emission (this property permitted the use of solvents of narrow potential window like water), (ii) suitable for luminophores that can undergo only electrochemical reduction or oxidation, (iii) amenable for luminophores producing unstable radicals (this is due to the reason that the potentials required to produce radical ions from the luminophore and the co-reactant are close to each other avoiding the lag time in producing reactive species), (iv) generates more intense emission from systems whose annihilation ECL is less efficient, (v) less prone to quenching of atmospheric oxygen, and (vi) allows emission in the absence of electrochemical oxidation/reduction of the luminophore at the potential of the coreactant (e.g. Ru(bpy) 3 2+ /TPrA). These are the main reasons why overwhelming majority of commercially available ECL instruments are based on co-reactant ECL systems [77,101,104].

Following the discovery of oxalate as the first aqueous ECL co-reactant [96], many compounds have been investigated for the same application. A compound is an ideal ECL co-reactant if; its standard potential is close to the standard potential of the luminophore, its in situ generated intermediates are stable for the duration of the ECL measurement, it should not emit light alone, soluble in the solvent used, stable and nontoxic, the reaction of the intermediate(s) with the emitter must be rapid, and the co-reactant itself and the intermediates should not quench the emission [77,[START_REF] Bard | Electrogenerated Chemiluminescence[END_REF]87].

The tertiary amine tri-n-propylamine (TPrA) (E o = +0.88 V vs Ag/AgCl) introduced by Leland and Powell in 1990, is a model co-reactant satisfying many of the requirements. Therefore, it is commonly used in research and commercial devices involving Ru(bpy) 3 2+ as luminophore [87].

However, toxicity and volatility are its main drawbacks. A more recent nontoxic amine derivative known as 2-(dibutylamino)ethanol (DBAE) is reported to be an excellent substitute to TPrA with about 100× increment in ECL intensity than TPrA [105].

Depending on the nature of the sequential electrochemical and chemical reactions that the coreactant undergoes prior to reacting with the luminophore, the process can be ''oxidative-reduction'' or ''reductive-oxidation''. The former expression is used when highly reducing intermediates are generated following electrochemical oxidation of the co-reactant, while in the latter case; highly oxidizing intermediates are produced following the electrochemical reduction [77].

The Ru(bpy) 3 2+ /TPrA system is typical example of oxidative-reduction ECL where TPrA is electrochemically oxidized to TPrA •+ which deprotonates to produce a strongly reducing TPrA • [87]. Electrochemical oxidation of Ru(bpy) 3 2+ is not always necessary for ECL emission.

Therefore, anodic potential sweeping of this ECL system emits at two distinct potentials (Figure The first ECL peak (< +1.0 V vs Ag/AgCl) is initiated exclusively by electrochemical oxidation of TPrA followed by subsequent reactions between the co-reactant radicals (TPrA It seems that the low potential ECL is initiated by the reaction between the diffused reactive radicals of TPrA and the Ru(bpy) 3 2+ found at a distance from the electrode surface while the second peak could be due to the reaction of the radicals with Ru(bpy) 3 3+ at the electrode interface. The fact that electrode surface modifications that hamper electrochemical oxidation of Ru(bpy) 3 2+ or facilitate TPrA electro-oxidation enhanced the intensity of the first ECL wave [110,111] as well as the high sensitivity of microbead based commercial ECL biosensors, give a clue on the effect of the distance of Ru(bpy) 3 2+ from the electrode surface on the intensity and potential of ECL [112]. When the luminophore is within electron tunneling distance (ca. 1 -2 nm), it possibly undergoes electrochemical oxidation resulting in a dominant emission at the oxidation potential of Ru(bpy) 3 2+ . Conversely, when the luminophore is out of the electron tunneling distance but not greater than about 6 µm (maximum distance that TPrA radical cation can diffuse before deprotonation), the intensity of the first ECL peak dominates.

The fact that the first ECL emission intensity is stronger for sub-micromolar concentration of Ru(bpy) 3 2+ [106,113], is an excellent privilege for developing ECL biosensors operating at lower detection potential. Because, in electroanalytical techniques using low potential offers benefits including; reduced interference from side reactions particularly in samples of complex matrix (e.g. blood), reduces the noise arising from the reaction between Ru(bpy) 3 3+ and hydroxide [113], lowers damage on susceptible proteins and oligonucleotides [87], and avoids oxide layer formation on Au and Pt electrodes enhancing analytical reproducibility [104,110,111,114].

Tris-(2,2'-bipyridyl)Ruthenium(II) as luminophore

Ru(bpy) 3 2+ , an orange light emitter (λ = 620 nm), is the most thoroughly researched and adopted for commercial ECL devices [86]. ECL assays based on this emitter have been widely used in the areas of clinical diagnostics [87], food and water testing [115], environmental monitoring, biowarfare agent detection, and forensics [87].

This is for reasons including strong luminescence, solubility in both aqueous and nonaqueous media, strong emission at physiological pH, undergoes reversible one-electron transfer reactions at easily attainable potentials, formation of stable reduced and oxidized species, high sensitivity, suitability for both oxidative-reduction and reductive-oxidation co-reactants, low background signal, regenerability at the electrode surface and suitability for immobilization in different matrixes to construct ECL sensors [116,117]. By introducing reactive groups on the bipyridyl, Ru(bpy) 3 2+ can be easily attached to biologically important molecules such as antibodies, haptens, and nucleic acids, where it serves as a label for detection of analyte binding [84,[118][119][120]. Chemical structures of some commercially available derivatives are shown in Figure 1.10.

These modifications do not alter the luminophoric properties of Ru(bpy) 3 2+ [84,85,94]. and its derivatives suitable for covalent binding on biomolecules [84,85,94].

Although, kinetics studies revealed that Ru(bpy) 3 2+ is one of the most efficient luminophores with an ECL efficiency (photons produced per redox event) of 5 %, recently more efficient emitters of Ir complexes are reported [START_REF] Knight | [END_REF][121][122][123][124][125]. Most importantly, by changing the ligand identity or composition of Ir, it is possible to tune the frequency of luminescence and quantum yields. This is one of the drawbacks of Ru complexes which hamper their application in multiplexed biosensors [89,103,[122][123][124][125].

Factors affecting Ru(bpy) 3

2+

/TPrA ECL intensity

The ECL intensity of this system strongly depends on:

 Solvent polarityhydrogen bonding and dipole forces positively influence the intensity of emission via their effect on ground-and excited-state properties of emitters [87].

 Solution pHmaximum ECL intensity occurs at pH 7.5 (Figure 1.11). In strongly acidic condition, deprotonation of the radical cation of TPrA will be suppressed while in strongly basic media, the background signal resulting from the reaction of Ru(bpy) 3 3+ and OH -will be high [87,94].  Electrode materialintensity of emission is stronger at GC electrode than at Pt and Au electrodes where surface oxide layer formation inhibits electrochemical oxidation of TPrA [87].

 Electrode surface modificationhydrophobic modifications facilitate the oxidation of the TPrA resulting in increased ECL intensity [107,110].

 Dissolved oxygenwhen TPrA concentration is low, the intermediates will be effectively intercepted by oxygen before reaching to the luminophores found far from the electrode but are responsible for the first ECL wave [87].

 Halogen ionshalides are shown to inhibit oxide layer formation on Au and Pt electrodes enhancing electro-oxidation of TPrA and ECL emission [107].

Instrumentation and ECL detection

A typical ECL instrumentation includes a potentiostat for applying an appropriate ECL initiating electric potential, and an optical detection system housed in a dark chamber [77]. Optical detection is carried out either by measuring the emitted light intensity (for quantitative analysis)

or imaging the emission (for qualitative analysis). A photomultiplier tube (PMT) biased at a high voltage with a high voltage power supply, a photodiode or a charge coupled device (CCD) can be used [76,[START_REF] Bard | Electrogenerated Chemiluminescence[END_REF]87,126]. Recently, the use of smart phones and sensitive photo cameras are reported for ECL imagining giving an excellent prospect for decentralized use of the technique [127,128].

ECL biosensors in clinical testing

Following the successful generation of ECL in aqueous media especially at physiological pH, tremendous effort has been made on the practical application of the technique in the determination of wide range of bioanalytes. So far, clinical diagnosis is the most successful commercial application of ECL; the majority relying on Ru(bpy) 3 2+ and its derivatives as emitters and TPrA as the co-reactant [77,89,90,129,130]. Since most of the biological targets of clinical interest are not ECL-active, ECL tags are required to label the biomolecules with Ru(bpy) 3 2+ derivatives or in limited cases the analytes themselves can serve as co-reactants [90,94,111].

Although initial interest of exploiting ECL in the clinical arena arise because of capability to detect very low concentrations of biomarkers, during the development, it was revealed that the technique provides maximum specificity and sensitivity by combining spectroscopic and electrochemical techniques with that of biologicals such as antibody-antigen and DNA. So far, many ECL methods of clinical interest have been developed including diagnostic methods for different type of cancers, HIV, cardiac problems and for different pathogenic microbes [15,129,[131][132][133][134][135]. To date, more than 150 magnetic bead based ECL immunoassays have been commercialized [76,87,90,136].

Celiac Disease 1.4.1 Definition

The term celiac disease (CD) was derived from a Greek word "koeliakos" meaning "suffering of the bowels" [137]. It is defined as a chronic small intestinal immune-mediated enteropathy triggered by exposure to dietary gluten in genetically predisposed individuals [138,139 ].

Brief history of celiac disease

The first written document on CD was found in the manuscript of Aretaeus (in the 2 nd century) in which it is described as a bowl discomfort associated with diarrhea and malabsorption [138,140].

In 1888, Samuel Gee published a detailed clinical description in a compilation known as "Coeliac Affection" where he recommended avoiding starch from food [140]. The exact cause of the disease was unexplained until Willem K. Dicke identified that the toxic "factor" in wheat and barley causing intestinal dysfunction is a protein [141]. Initially, he noticed symptomatic improvements of his patients when bread was withdrawn from their diet, due to food shortage during the 2 nd World War, but the symptoms resumed when bread was reintroduced. Based on this observation, Dicke initiated a well-designed experiment which proved that wheat, barley, and rye triggered malabsorption is not caused by their starch content but by the prolamin proteins (gliadins) of gluten [137,[141][142][143]. The histological effects of CD on the small intestinal lining were explained by Paulley in1954. Later, Michael N. Marsh (in 1992) designed a histological level of celiac lesions ranging from hyper-proliferative crypts with intraepithelial lymphocytosis to total villous atrophy [141,144]. Also, the year 1961 was remarkable due to the identification of anti-gliadin antibodies as the first noninvasive serological markers for CD [138,140]. In 1997, tissue transglutaminase (tTG) was identified as an autoantigen of CD permitting development of anti-tTG IgA based ELISA test method [145].

Prevalence of celiac disease

CD has long been considered to be a rare health problem affecting only societies of the western world [146,147]. However, it is recently recognized as a global health problem affecting all societies irrespective of age, gender and race [147,148]. Incidences of the disease have been reported even from countries whose staple diet is not wheat [147,149]. Large scale screening studies and projections based on clinically identified cases show that the current average global prevalence is around 1% (Figure 1.12), with dramatically increasing trend [140,[149][150][151].

Unexpectedly high prevalence rates are reported from countries like Finland and Algeria [152].

Figure 1.12 Worldwide prevalence of celiac disease [147]. N/A: not available.

Pathogenesis

Genetic, immune and environmental factors are mandatory for manifestation and maintaining CD [148,150,151,[153][154][155]. disease processes [148].

*TCR= T-cell receptor

After cascades of biochemical reactions involving genetic and environmental factors, the body's immune system releases chemicals that damage the small intestinal wall and antibodies against the trigger antigens (Figure 1.13). Based on the extent of the small intestinal damage, Marsh graded the disease conditions into Marsh Type 0, I, II and III (see Table 1.1).

Table 1. 1 The modified Marsh classification of gluten-induced small intestinal damage [156]. 

A) Environmental factors

The main exogenous trigger factor to CD is gliadin. Gastrointestinal infections, drugs, αinterferon and surgery potentially enhance the permeability of the small intestine to the antigen playing substantial role in the disease process [140,148].

The Role of gluten in the disease development

The term gluten encompasses all prolamine proteins found in wheat (gliadins and glutenins), rye (secalin), barley (hordein) and other related cereals. It is composed of almost equal proportions of gliadin and glutenin. Gliadin is the most potent fraction of gluten in triggering CD [151]. It is alcohol soluble but poorly dissolves in aqueous solvents of neutral pH, which corresponds to its isoelectric point (ca. 7.8) [151,157]. The peptides consist of a hydrophilic central domain rich in glutamine (Gln) and proline (Pro), and two hydrophobic terminal domains containing low levels of these amino acids [157].

Glutamine Proline

The Pro renders gliadin resistant to enzymatic breakdown in the proximal small intestine. The intact protein infiltrates in to the lamina propria of the intestine, possibly during intestinal infection or increased intestinal permeability, where its antigenicity to the immune system is increased via deamidation by tTG [139,148,150,151,[157][158][159][160].

B) Genetic factors

The fact that the incidence of CD is significantly higher among twins and relatives of CD patients than in the general population, gives a clue on the involvement of a genetic factor [144].

All CD patients share HLA-DQ2 or HLA-DQ8 alleles as common genetic components [148,151]. However, all individuals carrying the genetic factors do not develop the disease indicating that their presence is necessary but not sufficient [148,160]. It is worth to note that the disease is not caused by gene defect, but rather the collective effect of normally functioning variant gene products [161].

C) Immunological factors

Naturally, the immune system is meant to protect the body from pathogens that can potentially cause disease. The system has special natural selectivity to identify antigens that are not part of either the organism or edible proteins. However, sometimes the system can act against these proteins causing autoimmune and inflammatory diseases. CD is the result of this inappropriate immune response against ingested gliadin and the body's own enzyme tTG stimulating the Tcells to release cytokines (initiate intestinal inflammation, villous atrophy and crypt hyperplasia) and B-cells to excessively release antibodies against gliadin, tTG, and endomysium) [144,145,148,160,161].

Role of tissue transglutaminase in CD

Tissue transglutaminase is a Ca 2+ dependent (assumes the enzymatically active conformation in the presence of Ca 2+ ) enzyme found in most mammalian tissues including the brain [162][163][164].

The enzyme is mainly intracellular and is latent during the normal cell lifespan due to the insufficient level of Ca 2+ and the inhibitory effect of GTP/GDP [165]. In conditions where homeostasis is disturbed by cell stress or trauma, large amount of Ca 2+ infiltrates into the cell triggering cross-linking of intracellular proteins [162]. Cellular damage caused by mechanical stress, inflammation or infection, cause the intracellularly confined tTG release outside the cell inducing extracellular functions [155,[162][163][164].

Abnormalities in the level of tTG cause many diseases including CD, neurodegenerative diseases, tissue fibrosis, and cancers [164,166,167]. In celiac patients, tTG has been detected in all layers of the small intestinal wall [161].

Human tTG, a 78 kDa protein (pI 5. In the absence of a suitable amine, water can act as an alternative nucleophile, leading to deamidation of the glutamine residue to glutamate as shown in Figure 1.16 [163,164,168,172].

In vitro studies have proved that transamidation is the major reaction. The deamidation reaction takes place when the tTG activity is high, gliadin is in excess, and the level of acceptor amines is low. During episodes of intestinal inflammation, such situations could occur. Inflammation induces tTG activity, disturbs epithelial integrity, and notably increases the need for polyamines, in that cross-linking of polyamines by tTG is critical for normal repair of the intestinal mucosa.

Inflammation may thus cause a local depletion of polyamines concurrently with an increased leakage of gliadin across the epithelial barrier [161,173].

Because of its large amount of glutamine residues, gliadin is an excellent substrate for tTG [145,174]. The selective modification of these residues to negatively charged glutamates by tTG enhances gliadin's affinity to the positively charged pockets of HLA-DQ2 and HLA-DQ8 eventually boosting its antigenicity (Figure 1.16) [139,148,159,160,[175][176][177]. In addition, intestinal biopsies of CD patients revealed that tTG can cross-link itself to deamidated gliadin forming deamidated gliadin peptide-tTG complexes. This might be the reason why almost all CD patients develop autoantibodies against tTG [144,176]. Although the mechanism by which the autoantibodies develop has not yet been confirmed, it is postulated that the formation of deamidated gliadin peptide-tTG complex causes epitope spreading from gliadin to tTG [172]. Currently, these autoantibodies are the most specific biomarkers for serological tests of CD [178].

Screening, diagnosis and follow-up tests

Diagnosis of CD is complicated due to the variability of clinical manifestations, similarity of symptoms to other disorders, involvement of multiple body systems and majority of patients remain asymptomatic or with mild symptoms [154,179,180]. The symptomatic stage exhibits wide range and mostly nonspecific clinical manifestations. Patients suffer from gastrointestinal symptoms such as diarrhea, flatulence, abdominal discomfort, delayed gastric emptying and heartburn. Many of the extraintestinal symptoms are secondary to malabsorption of nutrients caused by villous damage [151,154].

Currently, clinical diagnosis of CD is based on combinations of patient history, clinical

presentations, serology, gene test, histology and improvement of symptoms on gluten free diet [138,140,150,154,181]. An example of CD diagnosis algorithm is shown in Figure 1.17.

Figure 1.17 A typical celiac disease diagnosis algorithm.

In individuals with characteristic clinical presentations and confirmed HLA-DQ2 or DQ8 alleles, positive CD-specific serology with concomitant confirmatory intestinal biopsy is considered to be the gold standard [154,150,179]. These conditions are mostly observed in the presence of small intestinal villous atrophy and crypt hyperplasia, typical of Marsh III [179].

Screening and follow-up tests are much more complicated than diagnosis of symptomatic CD due to absence of clinical presentations or mucosal healing/disappearance of serum antibodies respectively. In case of nonrefractory CD, follow-up of adherence to GFD is more difficult because of the reduction in the level of the antibodies and intestinal mucosal healing [140]. On the other hand, if the physiological changes after GFD are unrecognized, it can increase the risk of life-threatening complications for example, intestinal lymphoma, cancer, malignant lymphomas, small-bowel neoplasia, oropharyngeal tumors, large intestine adenocarcinomas, infertility, osteoporosis, nutritional deficiencies, stunted growth, psychosocial retardation, impairment of quality of life, increased mortality and additional autoimmune conditions [182,183]. False positive results, on the other hand, can compromise the life quality of individuals, obliging them to unnecessary, but heavy cautions.

A) Serological test

As shown in Figure 1.13, the body releases abnormally high levels of CD specific antibodies when gliadin infiltrates into the lumina propria of genetically predisposed individuals. The antibodies belong to the IgA or IgG isotypes of anti-gliadin (against gliadin or deamidated gliadin) or anti-self (against tTG and antiendomesial). They are important serological biomarkers for screening, diagnosis and follow-up tests of untreated CD. The specificity and sensitivity of the biomarkers is highly variable ranging from 29 to 100 %. However, combination tests perform better, yielding positive and negative predictive values close to 100 % [179,182].

False positive serological results are mainly attributed to cross-reactivity of the antibodies; but, false negative results may be associated to selective IgA deficiency (occurs in 0.5 to 6 % of CD patients), young children (< 2 years) may not produce some of the anti-self antibodies, as their immune system is not well matured, personal error of antiendomysial test (highly subjective test), and absence of gluten in the patient's diet. Also, autoimmune diseases like insulin dependent diabetes mellitus and hepatitis, enteric infection, congestive heart failure, and chronic liver disease are sources of false positive result [151,154,184].

Historically, the first serological tests were established for anti-gliadins by indirect immunofluorescence assay and ELISA methods. Currently, they are replaced with tests for the determination of antibodies of tTG, endomysium (EMAs) and deamidated gliadin peptides (DGPAs) because of poor sensitivity and specificity [151,178,179,[183][184][185][186].

Endomysial antibodies bind to endomysium, the connective tissue around smooth muscles. They are determined by indirect immunofluorescence method. In this method, the serum sample is initially incubated with a section of human umbilical cord or monkey esophagus. After further incubation with fluorescein labeled Sec-Ab, the tissue is visually examined by fluorescent microscopy [186]. The result is reported semi-quantitatively as positive or negative. Even though the method is highly sensitive and specific, its clinical uses are limited by the technical difficulty, tediousness, subjectivity, and requirement of highly experienced personnel [184,185,186].

Assays of anti-tTG and anti-DGP antibodies are based on optical ELISA [151,178,179]. The anti-tTG ELISA test was developed following the identification of the tTG against which antiendomysial antibodies are directed [151,178]. It measures the same thing as IgA EMA but with lower cost, and without any subjectivity. Owing to these advantages, serum anti-tTG IgA ELISA test is the most preferred CD test method except in selective IgA deficiency [151,187] and in young children (under 2 years). In these conditions, IgG-tTG or the newer IgG-DGP test methods should be considered or referred to biopsy [154,184,188].

In contrast to biopsy, serological tests are less invasive, simpler, faster, and do not rely on villous atrophy (because the atrophy can be caused by other diseases or may not be completely observed during asymptomatic stages). However, there is a considerable heterogeneity among different reports on the sensitivity and specificity of the different antibodies and their isotypes [182,188].

Also, there is continuing debate on the sole use of non-invasive serological tests to diagnose CD.

In fact, usually the clinical, serological, and histological findings coincide and the diagnosis of the disease is straightforward. For example, in cases where the IgA-tTG and -EMA are at high titers with typical symptoms, the probability of identifying a celiac enteropathy with the biopsy test is almost 100%. In this case, the small intestinal biopsy does not add any relevant information for the clinical decision [189]. Based on this practical observation, new guideline is proposed for the diagnosis of the disease [140]. It suggests that in symptomatic patients in whom the IgA-tTG level exceeds 10 times the upper limit of normal, EMA antibodies are positive on a separately taken blood sample, and HLA-DQ2 or -DQ8 are positive, then biopsies do not need to be performed to confirm the diagnosis [140].

In general, serological tests are better for Marsh I patients where biopsy cannot provide definite result [181]. Moreover, serological tests are more useful for screening CD and follow-up of adherence to the GFD. The existing serological tests, on the other hand, require qualified personnel and expensive laboratory facilities, and results are available only after a time delay.

Therefore, development of more sensitive, specific, simple and rapid CD diagnostic methods is urgently required. To this goal, electrochemical immunosensors can be most promising [151,179].

B) Biopsy and endoscopy

According to the current CD diagnosis algorithms, biopsy test is initiated for patients with positive serology and clinical symptoms suggesting the disease. In addition, the test is recommended for following-up the outcomes of gluten free diet [190]. During the biopsy procedure, the doctor eases a long, thin tube (called endoscope) equipped with small camera at the end, through the mouth and stomach into the small intestine of sedated or anesthetized patient and take tissue samples [START_REF]The University of Chicago[END_REF]. The tissue samples are examined under a microscope for signs of damage. CD is confirmed if the villi are partially or totally flattened. Moreover, drastic reduction of brush border enzymes and elevated number of T-cell lymphocytes (white blood cells) are indicators of the disease [161,179].

Sometimes the histologic damage may not be due to CD, as similar lesions are observed in other disorders including immune disorders, food hypersensitivity, infection, drugs, and neoplasia [140,150,[START_REF] Bruins | [END_REF]. This is the main reason why biopsy is not separately used for confirming the diagnosis and hence the result should be sealed with serological test(s) [140]. The severity and extent of the histologic damage of the proximal small intestine seem to correlate with the intensity of the clinical symptoms. The damage may be mild in atypical or silent cases, with little or no abnormality detectable [150,151].

Major drawbacks of biopsy test are i) lack of specificity to lesion caused by CD, ii) requirement of highly trained personnel, iii) poor patient and operator compliance and iv) invasiveness, discomfort and possible complications limit the use of re-biopsy in routine follow-up [190], v) some CD patients who have been identified by positive serology, may not have villous atrophy.

C) Gluten challenge test

Prior to initiating the lifelong gluten-free diet, diagnosis of CD should accurately be established.

The accuracy is finally confirmed by improvement of clinical symptoms, decline in levels of serum antibodies and intestinal mucosal healing following exclusion of gluten from diet. In cases of failure to respond to a gluten-free diet, gluten challenge is the sole option to verify the accuracy of the initial diagnosis [START_REF] Bruins | [END_REF]. In children under 5 years of age, gluten challenge should be discouraged unless the child is HLA-DQ2 and -DQ8 negative or has been placed on a GFD without proper testing. The diagnosis of CD is confirmed if CD-specific antibodies become positive and clinical symptoms and/or histological relapse is observed [193].

D) Gene test

The other laboratory test for CD is HLA typing specifically for the DQ2 and DQ8 alleles. These alleles are the major genetic predisposing factors and are stable markers at any disease condition and throughout life. A negative test has a more significant value because, CD almost doesn't occur in their absence so that further diagnostic procedures are unnecessary [140,194]. A positive test indicates only genetic susceptibility but does not necessarily mean the disease development. The strengths of the gene test are non-invasiveness, stability of the biomarker during any disease condition and absolute indicator of negative result. However, its main weaknesses are positive test result is less meaningful and the test cannot be used for follow-up of the disease condition [193].

Celiac disease and insulin dependent diabetes mellitus

Studies have demonstrated elevated prevalence rates of CD among individuals with insulin dependent diabetes mellitus (IDDM). Both disorders share the same genetic factors (DQ2 and DQ8). In average 3.5 to 10 % of individuals with CD develop IDDM and vice versa. Screening for the other is recommended in individuals already diagnosed with one disorder. If a subject is suspected of having both disorders, it is advisable to diagnose the IDDM first because it is easier to diagnose and symptoms are more obvious than CD. Most CD patients with associated IDDM, however, do not have typical gastrointestinal symptoms of CD, despite the presence of characteristic intestinal lesions. They are therefore, at risk of remaining undetected and untreated [195][196][197]. In the future, it could be interesting to develop a full package of biosensors for diagnosis of both CD and blood glucose level [198,199].

Management of celiac disease

The only treatment for CD is a life-long gluten free diet. No food or medication containing gluten from wheat, rye, and barley, or their derivatives can be taken [150,195]. Recently, enormous efforts are being made to develop therapeutic agents that act via hydrolyzing gliadin, blocking small intestinal absorption of gliadin, inhibition of tTG, HLA-DQ blocking and restoring immune tolerance to gluten [147,178].

Goal of the Thesis

Celiac disease is gluten induced chronic autoimmune disorder with a global average prevalence rate of about 1%. Since no curative drug has been introduced into the market, patients should be kept on life-long gluten free diet. Early diagnosis reduces development of refractory cases and associated mortality rate. However, the disease is underdiagnosed mainly because of inaccessibility, unaffordability and complexity of the existing diagnostic procedures especially for communities in developing countries. Furthermore, the existing methods are characterized by high levels of false negative and positive diagnostic results. This imposes the use of complex diagnostic algorithms to confirm the clinical outcome.

After identifying this practical gap, we set a goal to develop simple, cheap, portable, less invasive, accurate and reliable serological diagnostic methods for CD. To this goal, NEEs based electrochemical immunosensors with state of the art sensitive and specific detection strategies are chosen. Besides the profound electrochemical advantages such as increased signal-to-noise ratio and low limit of detection, simplicity of fabrication and biorecognition element immobilization are additional benefits of track-etched PC templated gold NEEs. A reagent free and one step biomolecules immobilization strategy selectively on the PC portion of the electrode is implemented. This novel approach has been demonstrated by our group to enhance biomolecule loading capability without compromising the electrochemical performance of the active metallic surface of the NEEs. On the basis of the clinically proven association between celiac disease and insulin dependent diabetes mellitus, we studied the applicability of NEEbased biosensors also for glucose detection, by focusing on the implementation of a highly miniaturized enzymatic biosensor. Finally, in the field of CD diagnostics, with the aim of developing a highly sensitive analytical method we completed the study by examining the possibility to combine the excellent electrochemical performances of NEEs with the use of one of the most sensitive detection techniques, which is electrochemically induced luminescence.

Chapter 2

Miniaturized Enzymatic Biosensor via Biofunctionalization of the Insulator of Nanoelectrode Ensembles

Introduction

Research in the field of nanoelectrodes and electrochemical nanobiosensors is gaining impulse by recent developments in nanotechnology and nanoscience, which made nanoelectrodes and their arrays available for developing sensors tailored to specific analytical and diagnostic applications [1][2][3][4].

Arrays of nanoelectrodes offer significantly higher overall current signal (a function of the number of nanoelectrodes in the array) [5,6], avoiding the requirements of using picoammeters and faraday cage to measure the feeble current at a single nanoelectrode. Moreover, they open an important prospect for multiplex biosensors design. The ordered arrays can be prepared by complex microfabrication procedures such as ion-beam or electron beam lithography [7][8][9]. The template synthesis of randomly spaced arrays of nanoelectrodes, on the other hand, is a cheaper, simpler and more accessible alternate fabrication technique [10]. In this work, NEEs prepared by the later technique are used. A commercial PC filter membrane of 30 nm nominal pore diameter, 6 µm thickness, 47 mm overall membrane diameter as well as about 6 × 10 8 pores per cm 2 is used as template. This pore size is chosen due to better effectiveness of pores filling and heat sealing, as well as easier peeling of the Au layer during preparation of the NEEs [10].

As indicated in the previous chapter, the geometric area of the NEEs is controlled by the hole size punctured on the strapping monokote cover. By reducing the hole size, the NEEs can be miniaturized to the sub-millimeter diameter range with negligible border effects [11] since a NEE with A geom as small as 0.001 cm 2 still contains at least 10 5 nanoelectrodes. Previously, NEEs of geometric area as small as 0.008 cm 2 have been fabricated by our group [11].

Miniaturization of the geometric area of NEEs reduces the active electrode area proportionally.

This in turn lower the biorecognition element loading capability on the active area of the electrode, e.g. via bridging by self-assembled monolayer of thiols [12]. Low biomolecule loading capability is one of the major limitations in transforming nanostructured electrodes into viable electrochemical biosensors. In fact, biomolecule loading capability can be boosted by increasing the exposed metallic electrode area by etching the polymer template [13,14]. But, this causes an increase of the double-layer charging current, affecting negatively the signal-tobackground current ratio [15].

The new approach of biorecognition agent immobilization exclusively on the PC surface surrounding the nanodisk electrodes [16,17] seems particularly attractive for preparing miniaturized enzymatic biosensors since the PC area available for the functionalization is more than 100 times larger than the metallic active area of the NEE. In such a design, the transducer and biorecognition layer are integrated in strict proximity but not overlapped. Moreover, since no increase in A act is required, voltammetric signals are generated at the highest signal-tobackground current ratio. So far, this approach has been successfully used for developing novel affinity biosensors [18,19], but has not been reported for electrocatalytic sensors in which the analyte is the enzyme substrate. In order to test the feasibility of such an approach, we choose the preparation of a micro-NEE glucose sensor as a case study. Developing a glucose biosensor is chosen because of two main reasons: firstly, glucose oxidase is well studied with many beneficial properties and hence is an excellent model enzyme to study newly developed method, and secondly, up to 11 % of IDDM patients develop CD so that a patient clinically identified to have one of the disorders is advisable to be diagnosed for the other. Therefore, it is quite interesting to develop a full package of biosensors (for both disorders) manufactured in the same way and that operate by the same principle. et al [20] showed that the PC of NEEs keeps the same high protein binding properties typical of virgin PC [21,22].

Concerning the biosensor proposed here, sketched in Scheme 2.1, the presence of glucose in the electrolyte solution, initiates an electrocatalytic cycle involving the enzyme glucose oxidase immobilized on the PC of the NEE, glucose in the sample solution and the redox mediator (Ferrocenylmethyl)trimethylammonium (FA + ), which shuttles electrons between the GOx redox site and the nanoelectrodes. It is worth stressing that, notwithstanding the wide number of reports devoted to the development of electrochemical glucose biosensors [23][24][25][26], relatively few studies dealt with the use of arrays of nanoelectrodes to this aim [15,27,28] and no one dealt with miniaturized arrays. Note also that in all the above studies, the biorecognition layer is bound onto the metal surface of the nanoelectrodes and not on the insulator between them, as done here.

Scheme 2. 1 Schematic of the lateral section of the NEE based glucose biosensor. Note that the different elements are not drawn to scale.

Experimental

Instrumentation and materials

Cyclic voltammetric (CV) measurements were carried out at room temperature (21 ± 1 o C) with a CHI 620A potentiostat, using a three electrode cell equipped with a Pt spiral counter electrode, an Ag/AgCl (in KCl-saturated) reference electrode and the NEE as working electrode. CHI software was used to perform the digital simulations of the CVs.

Scanning electron microscope (SEM) and energy dispersive X-ray spectroscopy (EDS) analysis were performed using a TM3000 Hitachi 

Preparation of NEEs

Electroless deposition of gold into nanoporous PC membrane and the subsequent fabrication of NEEs were carried out as described previously [10,29,30,31]. Briefly: after wetting the 6 µm thick, 47 mm diameter circular PC membrane for 2 h in methanol, the membrane was sensitized obtain NEEs with a A geom = 0.07 cm 2 and NEEs with hole diameter of 800 µm, to obtain A geom = 0.005 cm 2 . For the smaller NEE the hole was made with a glowed needle and the effective dimension of the hole was checked by SEM measurements.

From each membrane, 50 to 60 electrodes were prepared. The NEEs with excellent electrochemical and morphological properties were isolated before functionalizing with biomolecules. Previously established parameters [31], based on extent of agreement between experimental and digital simulation CV parameters (see below), were applied. In average, about 60% of the NEEs were found to be fit for the biosensor development.

Enzyme immobilization

Glucose oxidase functionalized NEEs (GOx-NEEs) were prepared by incubating the NEEs with 20 µL of 1 µg µL -1 GOx in 0. , in the presence and absence of glucose.

Results and discussion

Characterization of the NEE

In this work, two groups of NEEs are employed. In both cases the density and diameter of the Au nanoelectrodes are identical. However, the overall electrode surface area or the geometric area which is composed of the Au nanodisks and the PC is different, causing a proportional difference in the number and area of Au nanodisks. The first group of NEEs (hereafter called macro-NEEs) are 3 mm overall diameter (geometric area (A geom ) = 0.07 cm 2 ) and contains Au nanodisks sharing an area of about 8.2 × 10 -4 cm 2 . The second group (hereafter called Micro-NEEs) is 800 µm in overall diameter (A geom. = 0.005 cm 2 ) and the Au nanodisks share about 5.9 × 10 -5 cm 2 of the geometric area.

Once the NEEs are prepared as described above, the electrochemical performance of each NEE was evaluated by recording CVs in a solution of FA + PF 6 -and the reversibility of the resulting CVs is tested by the reversibility parameters (peaks separation, current ratio, half peak potentials) and compared with digital simulations (Figure 2.1 and 2.2). Moreover, morphological and chemical make-up studies of the electrodes' surface are performed using EDS equipped SEM in order to distinguish best NEEs for biofunctionalization (Figure 2.3). The digital simulations were performed using the following parameters and the CHI 660B software: E° = 0.44 V, k° = 0.008 and D = 4 × 10 -6 cm 2 s -1 [33], where E° is the formal potential, k° is the heterogeneous electron transfer rate constant and D is the diffusion coefficient. Note that k° is really the apparent rate constant (k°a pp ); as originally demonstrated by Menon and

Martin [10], NEEs behave as electrodes with partially blocked surface (PBEs) [34].

Voltammetric currents at PBEs are indeed the same as those at bare electrodes of equivalent overall geometric area, but with a smaller apparent standard rate constant which depends on the fraction of blocked surface [34]. It was demonstrated [10,33,35] that for NEEs:

k°a pp = k sh ° × f (1) 
where k sh ° is the "true" heterogeneous rate transfer constant and f is the fractional area, f = A act /A geom . For the FA + case, k° = 0.56 [33], with f = 1.2 × 10 -2 .

The satisfactory fitting between experimental and simulated curves, together with the linear dependence of the anodic peak current with the square root of the scan rate (shown in Figure 2.1)

indicates that the process is diffusion controlled and that both NEEs operate under total overlap diffusion conditions. Even if the oxidation peak current in Figure 2.2B is 14 times smaller than in Figure 2.2A, the faradaic-to-background current ratio is practically the same in both voltammetric patterns. This confirms that, even if the overall geometric radius of the micro-NEEs is quite small (r = 400 µm) in comparison to the macro-NEE, the critical dimension governing the electrochemical behavior of the NEE is still larger than the thickness of the diffusion layer [8,9]. × 10 -4 cm 2 ; B) A geom. = 0.005 cm 2 , A act. = 5.9 × 10 -5 cm 2 .

The SEM image reported in Figure 2.3 displays the surface of the NEE where the randomly scattered white spots are the surfaces of the metallic nanodisks emerging from the dark polycarbonate template. The fading lines behind the nanodisks are the traces of the nanofibers grown inside the PC membrane. The traces are visible due to the partial transparency of the polycarbonate template under the electron beam [30]. Also, the image clearly shows that all the nanofibers are not aligned parallel because of the angles of the original trajectories of the pores of the membrane developed during industrial tracking process.

Although, the average nominal diameter of the pores of the membrane used for preparation of the NEEs is reported as 30 nm by the manufacturer, the average diameter of the Au nanodisks of the NEEs was estimated by the SEM to be 50 ± 10 nm. Since the nanoelectrodes' density in the NEEs is about 6 × 10 8 per cm 2 , the small micro-NEE (A geom = 0.005 cm 2 ) still contains about 3 million nanoelectrodes. Based on the density and diameter of the nanodisks as well as the geometric area of the NEEs, the total active areas of the macro-and micro-NEEs are calculated to be 8.2 × 10 -4 and 5.9 × 10 -5 cm 2 , respectively. Elemental analysis of the surface of a representative NEE using SEM-EDS produced the spectrum shown in Figure 2.3B. The Au peak is characteristic of the Au nanolectrodes and the well-defined peaks of C and O originated from the polycarbonate membrane. Moreover, the relative proportion of each element on the surface of the NEE was automatically generated by the instrument and in this particular case the composition of the Au is found to be about 18 %. Previous AFM studies [20] demonstrated that the surface roughness of the PC membrane is quite high, i.e. about 50 nm which is comparable to the diameter of the nanodisks used in this experiment. This hampers the use of scanning tip microscopies to obtain more information about the nanodisks before and after biofunctionalization of the PC of the NEEs.

Modification of the NEEs

At variance with traditional mode of immobilization of GOx directly onto the active surface of the electrode [17,23,24,27,28,36,37], in this work, we propose a new biosensor platform where the GOx is selectively immobilized on the insulating polymer surrounding the metallic electrodes, as described in Scheme 2.1, using the procedure whose optimization is presented in the next section.

A well reversible CV pattern typical of a reversible one-electron oxidation of FA + is observed at the functionalized NEE in the absence of glucose, with E 1/2 of 0.432 V and anodic peak currents linearly related with the square root of the corresponding scan rates. The fact that the FA + response in the absence of glucose is practically unchanged from that recorded with a bare NEE confirms that the GOx is bound mainly onto the PC of the NEE, keeping almost unaltered the electron transfer kinetics at the Au nanoelectrodes. Also, it confirms that the presence of the biomolecule on the PC surface adjacent to the nanodisks, does not cause significant change in the cyclic voltammetric responses of NEEs. As can be evidenced from The well-defined sigmoidally shaped catalytic wave is developed as a consequence of GOx catalyzed oxidation of glucose followed by chemical reduction of two molecules of the electrochemically oxidized form of the mediator per each molecule of the reduced form of the enzyme. All the above results indicate that analytically sufficient GOx enzyme is efficiently immobilized on the polymeric part of the NEE, without affecting its enzymatic activity.

Similarly, Figure 2.5B reports the results of the same experiment performed, however, with a functionalized micro-NEE characterized by a much smaller geometric area, that is 0.005 cm 2 (vs 0.07 cm 2 for the NEE in Figure 2.5A). The CV of FA + recorded in the absence of glucose is peak shaped and reversible, as expected for an array with overall critical dimension higher than the thickness of the diffusion layer (with 400 µm overall radius of the ensemble vs diffusion layer thickness of approximately 25 µm). Interestingly, the anodic peak current of FA + at the macro-NEE (Figure 2.5A) is about 15 times greater than the one recorded at the micro-NEE (Figure 2.5B), is in agreement with the geometric area ratio of the two electrodes which is about 14.

However, the ratio of the experimentally measured steady state catalytic currents at the sensor of bigger electrode size to that of smaller electrode size, in the presence of glucose, gave a value close to 10. The fact that this value is less than the peak current ration of the two sensors recorded in the absence of glucose, proofs that the miniaturized biosensor is catalytically more efficient than the conventional NEE. Also, the experimentally derived ratios of catalytic currents of the sensors in the presence of glucose (I cat ) to the one in the absence of glucose (I p ) at scan rate of 5 mV s -1 was 3.7 for Figure 2.5A (macro-NEE), and 4.6 for Figure 2.5B (micro-NEE). These values are in agreement with previously reported values and can be taken as measures of catalytic efficiency of the modified electrode [42].

Optimization of analytical parameters

Since GOx is stable in wide pH range [41], the influence of the incubation pH during its immobilization step was studied by monitoring the resulting catalytic performance of the enzyme as evidenced by the electrochemical responses. The enzyme immobilization efficiency and its electrocatalytic performance at pH 4.2 and pH 5.6 acetate buffer, as well as in 0.05 M PBS pH 6.8 were investigated. Excellent immobilization, as determined by the resulting CVs in the presence of the substrate, was observed when the NEE was incubated with a GOx solution of pH 4.2. In addition to the immobilization pH, the influence of the pH of the electrolyte solution during the electrochemical measurements is studied at pH 5.6 and 6.8. The obtained results are listed in Table 1, where I cat and I p are the currents recorded at potential of 0.7 V in the presence and absence of 50 mM glucose, respectively. According to these data, the maximum values for the I Net = (I cat -I p) and I cat /I p parameters are obtained when the incubation is done at pH 4.2 while the signal measurements are performed at pH 6.8. The closeness of the values of the optimal incubation pH and the enzymes' isoelectric point [43] suggests the involvement of both hydrophobic/hydrophilic and ionic interactions in the immobilization process. However, the absence of significant level of enzyme desorption from the surface the electrode on increasing the pH to 6.8 for the electrochemical measurements, gives a clue on the possible involvement of other forms of interactions to the immobilization. Due to the reason that very small amount of enzyme immobilized (but quite sufficient for electrocatalysis)

and the presence of interfering functional groups in the protein (e.g. peptide bonds), it is difficult to obtain experimental data suitable to unambiguously determine the nature of the binding interaction between GOx and PC, for instance using FT-IR or attenuated total reflectance spectroscopy.

The effect of the length of the incubation time with GOx solution on the catalytic activity of the enzyme, was investigated by incubating the NEEs for different time interval (1, 2, 4 or 12 h) keeping other experimental conditions the same. The experimental results show that best performances are observed for NEEs incubated for 4 h or overnight (12 h).

Kinetic and analytical parameters

The effect of the concentration of the substrate on the voltammetric catalytic current of the biosensor is reported in Figure 2.6A. Relevant current increments, calculated as I net = (I cat -I p ) are reported in Figure 2.6B as a function of glucose concentration. The plot evidences that the biosensor follows Michaelis-Menten enzyme kinetics where the enzyme catalyzed current progressively increases with the concentration of the substrate until a saturation point above which the curve assumes an asymptomatic profile. The double reciprocal Lineweaver-Burk plot reported in Figure 2.6C shows the characteristics expected for Michaelis-Menten kinetics. From this plot, an apparent Michaelis-Menten constant (K m app ) value of 12 mM is calculated. This value is in the range of the smallest values reported in the literature, [44][45][46] indicating that the GOx immobilized on the PC of the NEE is characterized by a high enzymatic activity. From the slope (m) of the linear calibration (Lineweaver-Burk plot) plot in the concentration range 2 -50 mM and from the blank standard deviation (σ b ) calculated as the standard deviation of 6 independent FA + peak current measurements with no glucose added, a detection limit of 36 µM is estimated (3σ b /m criterion). Because the normal blood glucose level is from 4.4 to 6.6 mM [24], the linear range of our sensor is suitable for diagnostic purposes without the requirement of sample preconcentration. 

Stability of the biosensor and effect of scan rate on the catalytic current

To evaluate the change in enzyme activity and intactness of the immobilized enzyme layer against repetitive exposure to electric field, multiple CVs are recorded consecutively at a single micro-NEE biosensor in the presence of 50 mM glucose. As reported in Figure 2.8 no significant reduction in catalytic current is observed indicating absence of significant loss of activity or leaching of immobilized enzyme for at least up to 25 repeated measurements. 

Samples analysis

A preliminary evaluation of the performance of the proposed sensor towards real samples was carried out on four Red Bull energy drinks. No significant catalytic current was observed for the sugar free labeled product (RB0), whereas significant catalytic currents were recorded from the three sugar containing products (RB1, RB2, RB3). These results are encouraging for further evaluation of the sensor in the determination of glucose in more complex clinical serum samples.

Conclusion

The present study demonstrated that the relatively large surface of the PC of templated NEEs can be exploited to efficiently immobilize an enzymatic biorecognition layer in order to develop sensitive miniaturized biosensor, with critical dimension in the hundreds of micrometer range, while keeping excellent CV signals and detection capabilities. The development of a NEE-based glucose micro-sensor is taken as a case study to demonstrate the general applicability of the concept. The key point is the possibility of immobilization of the enzyme on the nonconductive PC of the templating membrane rather than functionalizing the metallic surface of the nanoelectrodes, as commonly reported in the literature. In the new approach, the biorecognition layer (on the polycarbonate) and the transducer (i.e. the nanoelectrodes) are integrated and kept in close proximity, but not overlapped. This approach allows immobilization of larger amount of enzyme than immobilizing only on the metallic part of a NEE with the same geometric area, and the immobilization is simplified to a single step. Moreover, since the enzyme is deposited on an organic polymer (PC), the biorecognition layer is in a more "natural" environment, being less exposed to electrical and electrochemical stress. The results obtained here demonstrate that the very high density of nanoelectrodes in the NEE (in excess to 10 8 nanoelectrodes per cm 2 ) allows the overall miniaturization of the biosensor down to sub-mm dimensions, without losing the analytical advantages of NEEs, namely highly improved signal to noise ratio and enhanced diffusion. The present results open the way to interesting applicative prospects for improving glucose detection with miniaturized biosensors for biomedical, environmental and food control purposes.

Chapter 3

Electrochemical nanoimmunosensor for the detection of anti-tissue transglutaminase IgG in serum samples of pediatric celiac patients

Introduction

For decades, radioimmunoassay (RIA) and ELISA have been the major diagnostic techniques for the determination of disease biomarkers [1][2][3][4]. Recently, electrochemical biosensors are dominating in many of the clinical diagnostic protocols mainly due to high sensitivity, specificity, low detection limit, simplicity, affordability, speed and possibility of miniaturization [5][6][7]. The sensitivity of electrochemical biosensors principally emanates from the localization of electrochemical processes at the electrode interface [7]. In addition to the natural selectivity of the biorecognition elements, the electrochemical selectivity (by an appropriate selection of the detection potential) contributes for the high specificity of electrochemical biosensors. The high specificity in turn, minimizes the matrix interference allowing analysis of complex, colored or turbid samples, e.g. blood, with little or no sample pretreatment procedure [8]. In this context, sensitivity and specificity of a diagnostic method are measures of the diagnostic accuracy. That is, sensitivity of a clinical test refers to the ability of the test to correctly identify those patients with the disease, while specificity refers to the ability of the test to correctly identify those without the disease [9,10].

The analytical performances of electrochemical devices can be further enhanced by miniaturization of the transducers to the nanometer scale. The fact that nanosized electrodes are characterized by high density diffusion flux of electroactive species accompanied by reduced background noise enhances the analytical sensitivity and limit of detection by orders of magnitude making the devices suitable for determination of low concentration of disease biomarkers in clinical diagnosis [8,[11][12][13][14][15][16][17][18][19][20].

NEEs are part of such nanosized transducers. It was shown that the use of NEEs can improve the performances of electrochemical determinations by dramatically increasing the signal-tobackground current ratios [21,22]. Twenty years back, when Menon and Martin introduced the novel protocol for preparation of metallic nanoelectrode ensembles using nanoporous PC membrane [22], the membrane template was used to control the size, shape and orientation of the nanowires or nanotubes with small roughness and large aspect-ratio.

Following the discovery, researches on the NEEs were typically focused on the refinement of the preparation, optimization, modification and utilization of the metallic surface of the NEEs. The polymeric surface of the templating membrane, on the other hand, did not receive much attention until 2008, when Ugo's group introduced the idea of exploiting for biosensing purposes both the insulating polymeric PC and the metallic nanodisk part of the NEEs, where the PC was used for biorecognition and the nanoelectrodes for transduction [23,24]. This is because, besides its outstanding mechanical, optical and biocompatible properties, PC has strong affinity to proteins [23][24][25][26][27][28].

The parallel use of the PC portion as substrate for immobilizing the biorecognition element and the electroactive surface for the electrochemical process, significantly improved the electroanalytical performances and the quality of the final analytical results as demonstrated in previous studies conducted in our group [23,24,29].

To achieve that, the capture antibody or antigen was immobilized onto the PC surface, which surrounds the nanoelectrodes, by incubating in a protein solution in suitable electrolyte, typically carbonate buffer [23,24,29,30]. The excellent capabilities of NEEs based immunosensors were previously tested in the determination of disease biomarkers where detection down to 20 pg µL -1 level was achieved [24].

In the present study, we use this concept towards a different analytical challenge that is to develop an NEE-based electrochemical immunosensor for CD diagnostics.

CD is one of the major health problems where serological diagnostic methods with the above properties are most sought not only for diagnosis but also for screening and follow-up tests. The serological tests are still conducted by expensive optical ELISA, fluoroenzyme immunoassay (FEIA) and indirect immunofluorescence assay methods [31][32][33]. Because of the limits associated to the existing test methods, the diagnosis rate of the disease is hardly more than 15 %. On the other hand, population based surveys show that the global prevalence of the disease is on an increasing trend with incidences from regions where the staple diet is not wheat [34][35][36][37]. A number of electrochemical biosensors have been reported in the literature for diagnosis of the disease [5,38]. Yet, their practical application in the clinical arena has not satisfactorily realized.

The lengthy and complex biorecognition element immobilization procedures might have contributed for the delayed practical application of the electrochemical biosensors [5,39].

Therefore, our new and simple biomolecule immobilization approach could be attractive for mass production of practically applicable devices for diagnosis of CD.

The goal is to develop a cheap, simple, accurate electrochemical immunosensor, eventually suitable for wide scale production [40][41][42][43][44], able to detect the anti-tTG IgG isotype in serum of pediatric CD patients. As a CD serological biomarker, the IgG isotype of anti-tTG is not commonly determined because of the relatively low sensitivity of the detection methods available up to now. However, the determination of the anti-tTG IgG isotype can offer some attractive advantages including higher specificity, suitability for CD diagnosis in individuals affected by selective IgA deficiency and in children younger than 2 years old, for whom the IgA test does not give reliable results [45][46][47].

As demonstrated by our group and by other authors like Rauf et al [16], NEEs are promising electrochemical transducers for the development of commercializable, sensitive, simple and This approach avoids the lengthy electrode modification procedure, and prevents passivation or poisoning of the electrochemically active electrode surface. Since the biochemical process takes place at a distance from the surface where electrochemical processes occur, direct electron exchange between the label and electrochemically active surface may not be possible. In order to effect signal communication between the two, freely diffusible unbound redox mediator should be used. Survey of the literature indicates that hydroquinone is an efficient redox mediator to exchange electrons with the HRP label.

At the best of our knowledge, this is the first report on electrochemical immunosensor for the determination of anti-tTG IgG employing NEEs without the requirement of any preliminary surface modification.

Experimental

Instruments

Cyclic voltammetric measurements were performed with the CHI 660B potentiostat, an electrochemical cell with three electrodes set up was used comprising Pt spiral counter, Ag/AgCl (in saturated-KCl solution) reference and Au NEEs working (immunosensors) electrodes.

Scanning electron microscope (SEM) and energy dispersive X-ray spectroscopy (EDS) analysis were performed using a TM3000 Hitachi table top scanning electron microscope coupled with a SwiftED3000 X-Ray microanalysis system.

Hydrophilic track-etched PC filter membrane (47 mm overall filter diameter, 6 µm thickness)

with average pore diameter of 30 nm and pore density of 600 million pores per cm 2 from SPI supplies (West Chester, USA) was used as template for preparation of the nanoelectrode ensembles. 

Reagents and immunochemicals

Methods

Fabrication of the NEEs

PC membranes (SPI-pore) typically with nominal 30 nm pore diameter, but also with 200 nm pore diameter as comparison, were used for preparing the NEEs. The electroless deposition of gold nanofibers into nanopores of PC and the subsequent fabrication of gold nanoelectrode ensembles are detailed in the previous chapters. The NEEs were assembled and their morphology, chemical composition and electrochemical behavior were investigated using SEM, EDS and cyclic voltammetry respectively (see Chapter 2).

Immunosensor construction and electrochemical detection

The antigen human tissue Transglutaminase, tTG, was immobilized on the NEE adapting the method described by Pozzi Mucelli et al for Trastuzumab [23,24]. Briefly, after thorough washing of the Au NEE with Mill-Q water, 20 µL of 10 µg mL -1 of h-tTG solution in 0. and incubated with 20 µL of 5 µg mL -1 mouse anti-h-tTG antibody solution for 60 min. After washing with PBS pH 7.4 containing 0.05 % Tween 20 followed by rinsing with the buffer, the captured primary antibody was reacted with 20 µL of 10 µg mL -1 HRP labeled goat anti-mouse IgG secondary antibody for 60 min. Incubations were carried out at room temperature (22 ± 1 o C), in a water vapor saturated vessel. All washing procedures were followed by drying with a gentle N 2 flow. Finally, the immunosensor was dipped in an electrochemical cell containing freshly prepared 1 mM H 2 Q in 0.05M phosphate buffer (pH 7.4). The H 2 Q solution was prepared under N 2 , in an amber glass bottle to avoid oxidation by atmospheric O 2 and light. All electrochemical measurements were performed at room temperature, in an electrolyte solution de-aerated with N 2 . Cyclic voltammograms were recorded before and after addition of 1.5 mM H 2 O 2 at scan rate of 50 mV s -1 between -0.65 and +0.85 V. Negative controls were performed in the absence of anti-tTG.

Results and discussion

Voltammetric behaviors of H 2 Q at bare NEEs

The cyclic voltammetric behavior of the H 2 Q redox mediator was studied at unmodified flat conventional gold electrode and two kinds of NEEs that differ in the diameter of the nanoelectrodes. In particular, NEEs fabricated using PC templates of 30 nm or 200 nm pore diameter (hereafter abbreviated as NEE-30 and NEE-200) were compared. The overall geometric area of the three electrodes was kept the same, namely 0.071 cm 2 .

The CV patterns recorded with the three electrodes in 1 mM H 2 Q at scan rate of 50 mV s -1 are shown in Figure 3.1. The red colored CV was recorded at a flat gold conventional electrode, while the blue and black line curves represent CVs recorded at NEE-200 and NEE-30, respectively. A pair of well defined anodic and cathodic peaks was recorded, in agreement with previous literature reports conducted on macroelectrodes [49][50][51][52][53][54][55][56][57] which attributed the signals to the 2-electrons/ 2-protons electrochemical oxidation of H 2 Q to benzoquinone (BQ).

O O + 2H + 2e - OH OH BQ H 2 Q
The fact that the transfer of the two electrons occurs under a single voltammetric peak at all electrodes studied here, indicates that the first electron transfer event brings the H 2 Q to a semiquinone state which favors the very fast transfer of the other electron making the semiquinone undetectable in aqueous solutions [53,56,58,59]. The involvement of protons, on the other hand, makes the electrochemical and chemical processes dependent on the solution pH [54]. Therefore, all electrochemical measurements are carried out in buffer solution to keep the pH of the system constant.

The corresponding anodic to cathodic peak potential separations (ΔE p ), and peak current ratios (I pa /I pc ) are calculated at scan rate of 50 mV s -1 . The ΔE p values were found to be 0.100, 0.979 and 1.075 V for the conventional flat Au electrode, for NEE-200 and NEE-30, respectively. The I pa /I pc values were found to be 0.95, 1.01 and 3.18 in the same order. These results indicate that H 2 Q exhibits better reversibility with the flat conventional gold electrode than with NEEs. Such CV behavior at macro gold electrode was also reported by Zhuo et al [60]. While the two types of NEEs offered quasi-reversible electrochemistry. A behavior similar to the one observed here with NEEs, has been similarly observed for H 2 Q electrochemistry at chemically modified macroelectrodes [50,57]. This agrees with the fact that NEEs behave as electrodes with partially blocked surface (PBSEs) [22,61,62]. Indeed, as demonstrated by Amatore in 1983 [63] and recent theoretical models [64][65][66] the nanodisk electrodes of NEEs are the unblocked surfaces while the PC template membrane is the blocking material [67]. Our result also evidenced slower heterogeneous electron transfer kinetics for a NEE with smaller nanodisk electrodes (NEE-30 vs NEE-200) typically because the rate of heterogeneous electron transfer is inversely proportional to the extent of blockage. NEEs produce a current response identical to that of a naked electrode of the same overall geometric area, but with a smaller apparent rate constant (k°a pp ) for the electron transfer which decreases as the coverage of the surface increases. The apparent rate constant (k°a pp ) is related to the true standard rate constant by the following equation [22,63,67]:

k°a pp = k°(1 -) = k° f
where  = (A geom -A act )/A geom and f is the fractional electrode area (f = A act / A geom ). 

Detection of anti-tTG antibody

The broken line CV in Figure 3.2A shows the electrochemical behavior of H 2 Q at a NEE functionalized with tTG -Anti-tTG -SecAb-HRP, as described in the experimental part. It exhibits a CV pattern for H 2 Q comparable with that recorded at a bare NEE (Figure 3.1, black curve). This means that the functionalization of the NEE does not inhibit the electrochemical process of H 2 Q at the nanodisks, indicating that the proteins are bound mainly on the PC surface, in agreement with previous observations [23,29], or if they adsorb on the Au surface of the NEE, they do not hinder the electrochemistry.

The full line CV in the same figure, recorded after the addition of 1.5 mM H 2 O 2, is characterized by a sharp increase of the reduction peak at -0.4 V and the disappearance of the re-oxidation peak at 0.75 V. This indicates the occurrence of an enzyme mediated electrocatalytic process governed by the following chemical, electrochemical and enzymatic processes [51,52,68]:

H 2 O 2 + HRP(Fe 3+ ) HRP(Fe 4+ =O) + H 2 O HRP(Fe 4+ =O) + H 2 Q H 2 O 2 + HRP(Fe 3+ ) + BQ O O + 2H + 2e - OH OH BQ H 2 Q
In practice, H 2 Q is oxidized to BQ by H 2 O 2 in a reaction catalyzed by HRP, and BQ is reduced to H 2 Q at the Au nanodisks. On the basis of previous reports [51,52,68], during the initial enzyme-substrate reaction, the HRPFe 3+ active center of the enzyme is oxidized to a ferryloxyHRP (HRPFe 4+ =O) specie which is then chemically reduced regenerating the original form of the enzyme by a concomitant oxidation of the H 2 Q mediator to BQ. The BQ is subsequently reduced back to H 2 Q by an electrochemical reaction during the cathodic reverse scan resulting in a steady state current proportional to the enzyme and analyte concentrations.

The broken line in Figure 3.2B, on the other hand, displays the CVs recorded at a NEE functionalized with tTGanti-tTG -SecAb-HRP in a fresh solution of H 2 Q and in a potential BQ to H 2 Q was detected. This observation means that the oxidation of H 2 Q did not occur in the system because neither sufficient oxidizing potential (0.7 V) was applied, nor the enzyme is activated. However, following the addition of the H 2 O 2 , an abruptly increased cathodic peak current was recorded, indicating that the enzymatic reaction is initiated by the presence of the enzyme substrate which eventually produces the oxidized form of the redox mediator. 

Optimization of signal detection parameters

To maximize the immunosensor response (I net ), experimental parameters need to be optimized, namely the concentrations of the enzyme substrate H 2 O 2 and the mediator H 2 Q. These parameters were optimized keeping constant at 1µg mL -1 concentration of the anti-tTG analyte. Concentrations lower than 1.5 mM, on the other hand, seem to be insufficient to achieve an efficient catalytic regime. In order to reliably determine the concentration of the analyte based on the catalytic current of the redox enzyme label (HRP), the catalytic process must be limited by the concentration of the HRP. In other words, the substrate and the redox mediator need to be in suitable excess to insure complete oxidation and reduction of the enzyme, respectively.

Therefore, 1.5 mM H 2 O 2 was chosen as the optimal substrate concentration for the continuation of this work.

The effect of the concentration of the redox mediator on the cyclic voltammetric behavior of the immunosensor in a solution containing 1.5 mM H 2 O 2 is reported in Figure 3.4B.

The cathodic peak current correspondingly increased with the concentration of H 2 Q up to 0.75 mM and leveled off for further increment of the concentration to 1.0 mM. This is a typical indicator of a mediated electrochemical process. At low mediator concentration, the current response is limited by the kinetics of the enzyme-mediator reaction. When the mediator concentration is high, the current response becomes independent of the enzyme-mediator step but is limited by enzyme-substrate kinetics. However, a higher concentration, such as 1.25 mM, produces a broad cathodic peak. Based on these results, 1.0 mM of H 2 Q is chosen as the best suitable concentration. It is reported that the occurrence of nonspecific binding compromises the analytical sensitivity and detection limit of the method [52]. The extra signal generated by the non-specifically bound bioconjugates disproportionate the detected signal and the analyte concentration. 

Evaluation of non-specific binding

Quantitative analyses

The dependence of the detected catalytic peak current signal at the immunosensor on the anti- For concentrations < 1 µg mL -1 , the resulting high correlation coefficient (R 2 = 0.990), and the short error bars of the calibration plot confirm the excellent reproducibility of the proposed biosensor; note that a different NEE was used for each concentration. The precision (reproducibility) of the method, evaluated as the relative standard deviation (RSD) (n=10) for a concentration of 0.5 µg mL -1 anti-tTG, results of 2.6 % while the detection limit (DL) is 1.8 ng mL -1 . DL was calculated as DL = 3(SD/m) where, where SD is the standard deviation of yintercepts of the regression lines and "m" is the slope (sensitivity) of the calibration plot. Besides the simplicity of our protocol, the low detection limit [39], the wide linear range [50,69] and excellent reproducibility indicate that our immunosensor offers better analytical performances than other electroanalytical sensors developed for the same goals [39,69]. 

Analysis of clinical serum samples

The feasibility of the proposed immunosensor for clinical applications was evaluated by analyzing the anti-tTG IgG level of 28 clinical serum samples of pediatric patients aged between 2 and 16 years. Out of the 28 serum samples, 23 were taken from patients with confirmed CD diagnosis whereas; the other 5 were taken from healthy individuals. The anti-tTG IgA levels of the CD positive samples ranged from 16 to 776 U mL -1 (Table 3.1, as determined by the fluoroenzyme immunoassay method.

In order to set optimum dilution of the serum samples, preliminary investigations were performed at 1:10, 1:50, 1:100, and 1:200 dilution ratios with 0.01 M PBS, pH 7.4. The 1:200 dilution was chosen for the analysis of all the serum samples due to better catalytic peak current signal. Moreover, higher dilution minimizes possible interferences form other proteins present in the matrix [39]. Although the appearance of the catalytic peak current reflects the presence of the anti-tTG IgG in the serum sample, it does not necessarily indicate a positive diagnosis with respect to CD, since the anti-tTG antibody is present also in the blood of healthy individuals. Therefore, in order to discriminate bloods of CD patients from those of healthy individuals, a cut-off limit should be set for the diagnostic method. For an optimized protocol, further dedicated studies are required in order to set a reliable cutoff value. This requires the evaluation of the diagnostic sensitivity (true positive) and specificity (true negative) of the method. In order to compare the performance of the IgG based new method with the clinically used IgA fluoroenzyme immune assay (FEIA), statistical treatments using Spearman's and Pearson's correlations were performed and the respective correlation coefficients are displayed in Figure 3.12.

The Spearman's correlation (r s ) is an important statistical parameter that measures the strength of a monotonic relationship between paired data sets [70][71][72][73]. The Pearson's coefficient (r), on the other hand, quantifies the reliability of the existence of a linear relationship between the two data sets. The values of the two correlation coefficients should range between 1 and -1 [70][71][72][73].

From our results, the calculated Spearman's correlation coefficient is 0.84 (> 0.8), indicating a very strong correlation between the two data sets [72]. The Pearson coefficient is 0.66 showing a strong positive linear relationship between the results of the two methods [73]. Besides the strong agreement between the IgG level measured using the new method and the corresponding IgA level determined by the clinical FEIA method, a preliminary set of experiments conducted on few of the serum samples (data not shown) suggests that the new immunosensor can furnish better sensitivity than the clinical FEIA method when the IgG isotype is the analyte of interest.

Precision and stability of the anti-tTG immunosensor

Trial of regenerating the NEEs from the already used immunosensors was not successful.

Therefore, each analyte solution was determined using different NEEs. In order to investigate the possible variability between the immunosensors developed from different NEEs, inter-assay precision (or the fabrication reproducibility) was estimated by determining the anti-tTG level in a standard analyte solution with three immunosensors independently. The standard deviation of the catalytic peak currents of CVs of the inter-assay (n=3) was 7.8 %, using 1µg mL -1 anti-tTG, that is an acceptable reproducibility.

In order to study the stability of the immunosensor on storage, follow-up studies were carried out by performing repetitive determinations of 1 µg mL -1 anti-tTG for a period of 7 days. The storage stability of the immunosensor was investigated by measuring the immunosensors' catalytic current response every other day (data shown in Table 3.2). When the immunosensor was not in use, it was stored in 0.01 M PBS pH 7.0 at 4 °C. About 5% loss of catalytic peak current was observed on the 3 rd day of sensor preparation. The response of the immunosensor decreased to about 75% on day 7 of the preparation. These results suggest that the immunosensor can be stored for few days without losing significant level of its performance. However, further studies on the storage conditions and nature of loss of catalytic current should be conducted in order to maintain its performance for prolonged time.

Table 3. 2 The net peak catalytic current (I net ) values recorded on the 1 st , 3 rd , 5 th and 7 th days from the preparation of the immunosensor, and the corresponding decline in catalytic peak current with respect to the response recorded on the 1 st day of preparation.

Day I net (µA)

% decrease in I net (µA) from day 1

This indicates that the PC surface provided a biocompatible microenvironment around the biological molecules to retain the biological activity over a sufficiently extended time lag.

Moreover, the interaction between the tTG antigenic molecule and the PC surface of the NEE is strong enough that there is no significant leaching of biomolecules on reasonable period of storage and during repetitive electrochemical measurements (Figure 3.5 can be referred).

Conclusions

A highly sensitive NEEs based electrochemical immunosensor was developed and evaluated for the determination of the IgG anti-tTG isotype involved in celiac disease. This is, up to now, the first report demonstrating the application of NEEs as a platform for the detection of CD biomarkers. The use of a smart biomolecule immobilization approach, where the capture antigen is selectively immobilized on the PC component of the Au NEEs, helped us to retain the desirable advantages of nanoelectrode ensembles, such as high S/N ratio. Moreover, the absence of any surface pretreatment step of the transducer for biorecognition element immobilization reduces the analytical steps and the reagents required which is advantageous for transforming the proposed protocol to practical application.

The results presented in this work confirm the applicability of NEEs for the reliable detection of disease biomarker with a low detection limit of 1.8 ng mL -1 . In the new biosensor design, the use of a redox mediator in the electrolyte solution is mandatory for achieving a high level of sensitivity; note that large proportion of the reporter label is distantly located (approximately up to 200 nm) from the electroactive nanodisks where electrochemical signal is generated but is reached by the mediator since NEEs operate under a total overlap diffusion regime. The immunosensor is able to detect the disease biomarker with a wide calibration linear range (0.005 to 1µg mL -1 ) and with excellent signal reproducibility.

In addition, the present immunosensor is capable of detecting the anti-tTG IgG biomarker in clinical pediatric serum samples, offering strong agreement with the clinical outcome obtained for IgA isotype using the FEIA method. However, a preliminary experiment conducted on few of the serum samples has shown that the new immunosensor furnishes better sensitivity than the clinical FEIA method when the IgG isotype is measured by both methods. Further studies aimed at standardizing the method and setting an anti-tTG IgG cut-off point to reliably discriminate between positive and negative serum samples is in progress, using standardized blood samples.

Based on the results obtained here, the present immunosensor shows interesting prospects to play the role of a real world sensor for the decentralized serological diagnosis of CD, possibly overcoming the requirement of performing an invasive confirmatory biopsy.

Chapter 4

A sensitive electrochemiluminescence immunosensor for celiac disease diagnosis based on nanoelectrode ensembles

Introduction

Celiac disease (CD) is a gluten-dependent autoimmune disorder occurring in individuals carrying the human leucocyte antigen molecules DQ2/DQ8 [1,2]. It has recently been demonstrated that the prevalence increases over time by age: for instance, in Finland, the prevalence is 1.5 % in children, 2.2% in adults and 2.7% in the elderly [3]. Furthermore, the prevalence of CD increases to 10 -20% among patients with anemia, to 11% among insulin dependent diabetes mellitus patients, to 8% among first-degree relatives of CD patients, to 7% in children with isolate stature growth defect and to 5% among patients with autoimmune diseases [4,5]. The clinical conditions of CD vary from mild to severe, and some patients can be asymptomatic for years. Classical symptoms include gastrointestinal complaints (malabsorption, diarrhoea) but the extra-intestinal symptoms represent the large majority of the clinical features such as osteoporosis [6],

Dermatitis herpetiformis [7], psychiatric and neurological disorders [8], arthritis [9] cardiac [10,11] and obstetric disorders [12]. The later the diagnosis of CD, the more likely the occurrence of serious illnesses and excess mortality [13]. Early diagnosis and treatment with gluten-free diet, reduces mortality and the prevalence of CD-associated disorders. Although definitive diagnosis of CD is still based on histological changes in small intestinal mucosa whose detection requires biopsy, serological test for CD screening based on detection of anti-tissue transglutaminase antibodies (anti-tTG) are less invasive [14]. Given the high prevalence of the CD and the implications of a late detection, several simple, cheap and rapid immunoassays were developed as a first step towards speeding up CD diagnosis in the physician's office [15,16]. Of interest, these rapid tests might greatly help the physician to make a preliminary diagnosis of CD in resource-constrained countries where diarrheal disease and malnutrition are common [17]. In this context, making diagnosis of CD and enforcing a gluten-free diet would make a significant contribution to reduce morbidity and mortality, particularly when the CD-diagnosis is not yet considered [18].

Immunoglobulin A (anti-tTG IgA) is the isotype typically determined as target analyte for serological CD screening [19,20]. However, IgA-deficient CD patients cannot be identified by this analysis [21]. Moreover, focusing on CD diagnosis in very young children for whom biopsy is not an eligible test, it has been found that only 87% of CD patients younger than 2 years of age showed high serum levels of IgA anti-tTG vs 96% for celiac children older than 2 years [22]. On the other hand, serological diagnosis based on IgG assays at present do not look as valid alternatives for general screening because IgG based assays are claimed to be poorer in sensitivity than IgA based analysis [23]. From these bases, it is evident that the development of an IgG-based diagnostic method with improved sensitivity and specificity is highly required.

Many trials (using different biomarkers of CD) have been made to develop variety of electrochemical methods [24][25][26][27][28][29] but, so far, no confirmatory serological method has been adopted for practical use. Accordingly, we propose herein a novel anti-tTG IgG immunosensor utilizing an original ECL detection strategy based on nanoelectrode ensembles as electrochemical transducer.

Given the inherent analytical performances of ECL technique, it has recently attracted enormous attention in bioanalysis. Indeed, since no excitation light source is required to induce the ECL, the background signal is extremely low and thus the technique is highly sensitive at physiological pH with low detection limits [30][31][32][33][34]. Moreover, ECL provides additional advantages such as wide linear dynamic range, selectivity and stability of the luminophore. In addition, it is relatively easy to conjugate the luminescent species to biomolecules such as antibody, DNA or RNA [35][36][37][38][39][40]. Therefore, the luminophore is classically used as an ECL label in bioassays [41,42]. The model system involving Ru(bpy) 3 2+ as the light emitting species and TPrA as the co-reactant forms the basis of a large number of commercially available bead-based ECL immunoassays, such as for cardiac and infectious diseases, thyroid, tumor markers, etc [36,[43][44][45][46][47][48][49][50][51]. The excellent sensitivity of such immunoassays is due to the fact that ruthenium centers located at micrometric distances from the electrode generate ECL [52,53]. Indeed, in this case, only the co-reactant TPrA is oxidized at the electrode and the resulting radicals, TPrA •+ and TPrA • , diffuse over short distances and react with the luminophore to generate its excited state [52]. So this mechanistic path does not require the direct oxidation of Ru(bpy) 3 2+ at the electrode surface to generate in fine the ECL emission. In addition, it occurs at a potential ~300 mV lower than for the routes involving oxidation of Ru(bpy) 3 2+ . Applying such lower potentials might prevent problems including; (i) interference from side reactions particularly in complex matrix of real samples (e.g. blood, serum), (ii) ECL background arising from the reaction between Ru(bpy) 3 2+ and hydroxide [54], (iii) damages on susceptible proteins and oligonucleotides [55], and (iv) oxide layer formation on Au or other metal electrodes resulting in poor analytical reproducibility.

NEEs are random arrays of nanoscopic electrodes typically prepared by the electroless deposition of gold within the nanopores of track-etched PC membranes [56][57][58][59]. The nature of the faradaic current depends on the distance between the nanodisks, on the solution viscosity and on the timescale of the experiment [60][61][62]. When commercial track-etched membranes are used, the obtained NEEs operate in the total overlap diffusion regime [62,63] which means that electroactive species diffuse via semi-infinite planar diffusion with respect to all the surface of the NEE, i.e. nanoelectrodes and insulator between them. Recently, the properties of NEEs have been exploited to develop electrochemical biosensors [64] in which relatively high amounts of bioreceptors were immobilized directly on the PC of the NEEs. The integration between the biorecognition event and the electrochemical acquisition of the signal is ensured by the presence in the electrolytic solution of redox mediators; these can diffuse all over the geometric area of the NEE and shuttle electrons to redox labels bound to the biorecognition layer [64]. This approach has been applied to develop sensitive affinity biosensors suitable to detect the human epidermal growth factor receptor HER2 overexpressed in breast cancer cells [65], DNA sequences for virus genotyping [66,67], ligand proteins of interest for cultural heritage diagnostics [68] and enzyme based glucose sensing [69].

In the present work, we combine for the first time the remarkable properties of NEEs with the excellent detection capability of ECL in order to develop a novel sensing method based on anti-tTG IgG determination, for CD diagnosis in human serum. A major originality of the current approach is to separate physically the location of the initial electrochemical reaction at the Au NEEs (i.e. oxidation of the co-reactant) from the ECL emitting region where the luminophore label is immobilized on the PC substrate. To this aim, the capturing agent tTG is at first bound onto the PC of a NEE so that, when incubated with the sample, it reacts with the target analyte, 

Methods

Modification of streptavidin with Ru(bpy) 3 2+ complex (SA-Ru)

The modification was done as reported by Deiss et al [38] with some modifications. Briefly, 1 mg of streptavidin was dissolved in 1 mL of Milli-Q water. Then 100 µL of this solution was added in to 810 µL of water and 90 µL of 1X PBS pH 7.4 and mixed with 1 mg of Bis(2,2′bipyridine)-4′-methyl-4-carboxybipyridine-ruthenium N-succinimidyl esterbis(hexafluorophosphate), which was dissolved in 100 µL of dried DMSO. The mixture was kept at 4 °C on continuous stirring for 4h. Then it was purified by dialysis in PBS (1X) using Slide-A-Lyzer Dialysis Cassettes 10k molecular weight cut off from Thermo Scientific for about 16h. The Ru-SA complex was stored at +4 °C until used.

Fabrication of the NEEs

The Au NEEs were prepared by electroless deposition of gold in track-etched PC filter membranes [56,57,59,70], with average pores density of 6 × 10 8 per cm 2 and nominal pore diameter of 30 nm (details are given in Chapter 1). During the electroless deposition of gold from a solution, each pore of the PC membrane was filled with a metal nanowire whose head is exposed to the electrolyte solution. The overall geometric diameters of all the NEEs used in this experiment were 3 mm and hence are composed of millions of randomly spaced gold nanodisks (average diameter of 40 ± 10 nm as determined by the FE-SEM). The membrane bearing the nanodisks was assembled in to electrodes of suitable geometry and size.

Preparation of the immunoassay and analytical protocol

After washing the NEE thoroughly with Milli-Q water, 10 µL 10 µg mL -1 tTG solution was previously deaerated with nitrogen for 20 minutes. ECL and cyclic voltammograms were recorded concurrently at a scan rate of 100 mV s -1 . The ECL intensity was measured using a PMT put in a dark at a bias voltage of -750 V. In addition to the PMT, the experimental setup comprises of a potentiostat, picoammeter and high voltage supply. Maximum care was taken while aligning the sensor surface with the PMT.

Fluoroenzyme immunoassay for anti-tissue transglutaminase antibodies was performed according to manufacturer's instructions (Elia TM Celikey, Phadia 250).

Results and Discussion

Characterization of the nanoelectrode ensembles

Prior to the immunosensor construction, the fabricated NEEs were evaluated for electrochemical performance, surface morphology and chemical composition. of gold producing about 6 µm long nanowires whose upper ends emerge on the surface of the template with the shape of nanodisks of about 40 ± 10 nm in diameter. The distance between the nanoelectrodes is rather variable, ranging between less than 100 and 400 nm. The density of nanoelectrodes measured from these images is 5 × 10 8 electrodes cm -2 . All these morphological data substantially match with those presented previously by Ugo et al [71], confirming that the diameter of the nanodisk electrodes is slightly higher than the diameter of the pores declared by the supplier of the track-etched filter membrane (namely, 30 nm) with an electrode density substantially matching with the declared pore density (5 × 10 8 vs 6 × 10 8 , respectively). From the high resolution FE-SEM image, few empty and partially Au filled pores were identified. Some of the nanodisks are slightly recessed below the upper surface of the PC.

In addition to the morphological and chemical composition analysis (as shown in Chapter 2), all the NEEs were electrochemically evaluated before functionalizing with biomolecules.

ECL detection based on immobilized labels and diffusing TPrA radicals

In the present work, an original sensing strategy based on the spatial separation between the electrochemical reaction and the biorecognition event is reported. Considering the global ECL

The anodic portion of the voltammetric curve is characterized by an oxidation peak at approximately 0.88 V vs Ag/AgCl, followed by a broad signal at about 1.2 V. During the backward scan, a cathodic peak is detected at about 0.25 V. The broad signal at 1.2 V is most likely due to the formation of Au-oxides on the surface of the nanoelectrodes, this oxide layer being reduced at 0.25 V in the backward scan. This agrees with previous literature findings [62] which demonstrated the Au-oxides formation is anticipated at the nanoelectrodes' surface with respect to bulk gold. The voltammetric peak at 0. DPV was preferred to cyclic voltammetry for these measurements since it provides both a better intensity and a better resolution to separate possibly overlapping peaks. DPVs recorded at a bare NEE and the immunosensor in PBS without adding TPrA did not show any noticeable peak close to the ECL potential of 0.87 V. However, peak currents associated to formation of surface oxides are recorded at higher oxidation potential at both the bare NEE and the immunosensor (Figure 4.6). The lower peak current intensity at the immunosensor (modified NEE) but higher capacitive current than at the bare NEE could be due to inhibition of the oxides formation by the adsorbed blocking protein (i.e. BSA) on the metallic surface of the NEE. In addition, voltammetric experiments (Figure 4.4) confirmed that the ruthenium complex is not oxidized on the Au nanodisks, even at the lower anodic potential (i.e. 0.88 V vs Ag/AgCl). As a whole, these results demonstrate that the ECL label is immobilized only on the PC surface.

It is noteworthy that ECL is detected at the potential where TPrA oxidation occurs, while no ECL signal is detected at the potential usually expected for Ru(bpy) 3 2+ oxidation (namely, 1.2 V vs Ag/AgCl), even after repetitive potential scanning. This evidences that the direct oxidation of Ru(bpy) 3 2+ at the surface of the Au nanodisks is not occurring since the ruthenium label is specifically linked to the antigen-antibodies chain immobilized on the PC of the NEEs. [53,55,72,76] and it agrees with the occurrence of two separated ECL emission processes: one related to TPrA oxidation at 0.88 V (i.e. the "revisited route") and the other due to Ru(bpy) 3 2+ oxidation at 1.2 V [72] (namely the "catalytic route"). It is worth stressing that the ECL intensity at 1.2 V scales with the concentration Ru(bpy) 3 2+ in the electrolyte solution. In the CVs in Figure 3A-C, the peak relevant to the formation of Au oxides on the surface of the NEEs, is located just before the Ru(bpy) 3 2+ oxidation peak, while the reduction of these oxides (return scan) is detected at about 0.45 V, while in Figure 3 D-F (immunosensor) this peak is detected at 0.25 V.

Such a difference is related to the different anodic limit adopted for the scans 3A-C and 3D-F, namely 1.25 V vs 1.6 V, respectively. A higher limit corresponds indeed to the formation of a more compact layer of Au-oxides, which is more difficult to re-reduce.

In the case of the immunoassay ( An important question that can be raised at this point is, because the Au nanodisks are surrounded by the PC host template, at least weak ECL is expected at 1.2V resulting from the luminophores that are attached to the edge of the PC adjacent to the Au disks. Although this requires further studies, for NEEs where the gaps between the nanodisks and the template are effectively thermos-sealed, the possible reasons could be: i) the nature of the PC adjacent to the nanodisks might have changed during the track-etching process, ii) the nanodisks might be recessed so that the distance from the luminophore is more than the electron tunneling distance, or iii) thick layer of protein might have formed causing a further increase in the net distance between the luminophore label and the electrochemically active Au surface.

To further confirm the selective immobilization of the biomolecules on the PC part of the NEEs without non-specific adsorption on the Au surface, the procedure of the immunosensor development was repeated using a 3 mm electrode prepared from gold deposited PC membrane without peeling off the Au layer from both faces. The electrode behaves like a conventional gold electrode. In this experiment no significant ECL was detected indicating that non-specific adsorption on the Au surface is unidentified.

In addition to TPrA, the performance of the NEE based immunosensor was tested using DBAE as co-reactant. A similar ECL emission profile was generated at the oxidation potential of the coreactant but, only 20 mM of DBAE generated about the same ECL intensity as 100 mM TPrA which is in agreement with previous literature reports (see Figure 4.9). However, due to the reason that TPrA is the most widely used co-reactant including in commercial diagnostic devices, further experiments were carried out using TPrA co-reactant.

In order for experimental results involving biomolecules to be valid, negative (in the absence of the biological of interest) and positive (with confirmed presence of the biological of interest) control experiments need to be conducted and results should be consistent. Therefore, in this work, the negative control experiments were performed by measuring the ECL at bare NEEs and with the immunosensor incubated with the secondary antibody and the SA-Ru(bpy) The fact that ECL emission occurs at an applied potential of 0.88 V, instead of 1.2 V as in the usual ECL assays, leads to several analytical advantages. First, it significantly reduces possible interferences from side reactions while dealing with complex samples containing oxidizable interferences. Next, it may reduce the ECL background arising from the reaction between Ru(bpy) 3 2+ and hydroxide in aqueous systems [54]. Third, concerning the applicability of such biosensors, it may minimize electrochemical damage on sensitive biomolecules and oligonucleotide sequences [54]. 

ECL imaging

Besides the quantification of ECL intensity using PMT, the emission can be clearly imaged using an EM-CCD camera. The ECL images of unmodified bare NEE and an immunosensor constructed of 100 ng mL -1 at an applied potential of +0.9 V are shown in Figure 4.12.

Luminescence from scattered spots was captured on the surface of the immunosensor; however, no detectable emission was imaged from the surface of the clean bare NEE. Given the limited spatial resolution capability of classic microscopy, we are unable to distinguish if there is any ECL emission coming from non-specific binding of the luminophore on the Au nanodisks. 

Analytical performance and application to human serum

Since standard human anti-tTG antibody is unavailable in the market, the performance of the developed ECL-based immunosensor was initially evaluated using serial dilutions of standard mouse anti-tTG IgG antibody. The ECL responses of a blank and anti-tTG concentrations ranging from 1 ng mL -1 to 10 µg mL -1 are shown in Figure 4.13A. The calibration plot in Figure 4.13B shows that the logarithm of the ECL peak intensity increases linearly with the logarithm of the anti-tTG concentration, (correlation coefficient (R 2 ) = 0.995), over a wide dynamic range (10 - 9 to 10 -5 g mL -1 anti-tTG). A linear plot (with R 2 = 0.976) is also obtained for the direct dependence of the ECL intensity vs.

anti-tTG concentration, in the range 1 to 100 ng mL -1 as shown in Figure 4.14.

background noise (i.e. 9463 and 9597 samples). Results obtained with the ECL immunosensor were compared at first with data for anti-tTG, IgG class obtained by FEIA, however, all the FEIA data were below the cutoff value of the method (normal value < 7 U mL -1 ). A different situation was observed when comparing ECL results of IgG with FEIA results for IgA anti-tTG. Data reported in Figure 4.15B, shows a good agreement between the ECL and FEIA-IgA results. The two methods show almost parallel trends for both healthy subjects (samples 9463 and 9597) and celiac patients. Interestingly, the ECL results suggest a higher sensitivity to measure the IgG anti-tTG, than the FEIA method which identifies only IgA anti-tTG but not IgG anti-tTG antibodies.

Conclusions

This study demonstrates for the first time that NEEs can be successfully used for the detection by ECL of target proteins, in particular the anti-tTG antibody used as biomarker for the serological diagnosis of the celiac disease. The composite nature of NEEs, made of Au nanodisk electrodes embedded in a polymeric template, allowed us to exploit the wide surface of the PC membrane to immobilize a capture agent (namely, the antigen tTG) , the analyte and, finally, a luminescent ruthenium(II) label. According to this architecture, the nanoelectrodes act as electrochemical transducers for initiating the ECL emission while PC is exploited to perform the biorecognition event and to bind the luminescent label. Consequently, the electrochemical initiation of the ECL emission results from the electrochemical oxidation of the co-reactant TPrA in solution and not from that of the Ru(II) luminophore. Voltammetric and ECL data indicate indeed that the ruthenium complex is not oxidized directly at the surface of the nanoelectrodes, instead ECL is generated only by the electrochemical oxidation of TPrA, producing the radicals TPrA •+ and TPrA • which live long enough to diffuse and to react with the luminophore, immobilized onto the neighboring PC membrane. Concerning the specific application goal, that is the serological diagnosis of the celiac disease, the NEE-based ECL sensors is characterized by high sensitivity, low detection limit (470 pg mL -1 ), wide dynamic range and it can furnish diagnostically useful information for human serum analysis. The satisfactory agreement between data from the ECL sensor and from fluoroenzyme immunoassays in different clinical samples support the extension of the study to a higher number of samples, in order to evaluate the clinical sensitivity and specificity of the method.

Concluding remarks

This thesis demonstrates the applicability of Au NEEs for developing enzymatic and affinity sensors suitable for advanced molecular diagnostic purposes.

The composite nature of Au NEEs allowed us to immobilize adequate amounts of biorecognition molecules on the wide polycarbonate surface, while the metallic portion of the NEEs is exclusively dedicated to the electrochemical reaction. This smart biomolecule immobilization approach helped us to retain the desirable advantages of NEEs, in particular, high signal to background current ratios, enhanced mass fluxes and high miniaturizability. Moreover, the absence of any electrode pretreatment procedure reduced the analytical steps and reagents required. Since the biologicals are deposited on an organic polymer, biological processes occur in a more "natural" environment, being less exposed to electrical and electrochemical stress.

This innovative approach has been previously demonstrated by our group for the development of immuno-and DNA-sensors. Here, we extended the concept to the development of miniaturized enzyme biosensor, and to immunosensors specifically devoted to the detection of celiac disease biomarkers.

In the former case, taking advantage of the high density of nanodiscs in the NEEs, we demonstrated the miniaturization of the overall size of NEEs down to sub-mm dimension without deteriorating the inherent analytical advantages. The miniaturized NEEs are used to develop an efficient glucose microbiosensor via immobilizing GOx on the polycarbonate part.

In the second case, we demonstrated the feasibility of this innovative approach for development of two kinds of anti-tTG based celiac disease immunosensors differing in the detection method, namely: electrochemical and ECL detection formats.

The electrochemical detection relies on the use of HRP as label and hydroquinone as a mediator.

By this way, a highly sensitive electrochemical immunosensor was developed and evaluated for the determination of the anti-tTG IgG isotype involved in CD. So far, this is the first report demonstrating the application of NEEs as detection platform for CD biomarker.

detection. With this design, the electrochemical reaction and the location of ECL emission are spatially separated, allowing us to develop a highly sensitive anti-tTG immunosensor that works at an applied potential lower than the usual ECL systems.

The electrochemical and ECL immunosensors of CD are applied to human serum samples,

showing to be suitable to discriminate between healthy and celiac patients. A comparison between the two approaches indicated that the ECL based immunosensor achieved a lower detection limit than the electrochemical detection.

Future research efforts need to be devoted to the investigation of the nature of interaction between macromolecules and PC membrane, as well as the utilization of NEEs for development of multiplexed biosensors. The sensors here developed show anyway excellent detection capabilities which allow the extension of their application to a wide number of samples, in order to examine and hopefully validate their applicability for clinaicl diagnostics purposes.

In order to use the individual microelectrodes in an array independently for development of multiplex biosensors, the individual elements should be independently modified and biorecognition elements should be immobilized on each element independently. This can be achieved by electrochemically directed modification technique. Here, the electrodes are electrochemically modified with conducting polymers (polypyrrole and polyanthranilic acid) and Prussian blue. These modifiers are chosen due to two main reasons, i) suitability for electrochemical polymerization in order to achieve controlled modification of each element in the array and ii) their conductive nature reduces the possible insulation of the feeble current at the microelectrodes. Moreover, the conducting polymers can be used as suitable matrixes for biomolecules immobilization [9,10], whereas, the Prussian blue is suitable for further investigation of electrochemical directability of the modifier and to investigate the electrochemical performances of the modified microelectrodes analyte detection e.g. H 2 O 2 [11][12][13].

A1.1 Experimental

Instruments and Materials

For electrochemical measurements CHI 660B potentiostat (TX, USA), electrolyte cell with three electrodes-Pt wire counter electrode, Ag/AgCl (in Sat. KCl), Au microelectrode arrays, Faraday cage. All chemicals including pyrrole and anthranilic acid are reagent grades.

(Ferrocenylmethyl)trimethylammonium hexafluorophosphate (FA + PF 6 -) was prepared by metathesis of the (ferrocenylmethyl)trimethylammonium iodide with potassium hexafluorophosphate (Alfa Aesar), Alce Natural honey bought from the market.

Methodology

Fabrication and characterization of the MEAs

The arrays of individually addressable gold microelectrodes were fabricated from discarded computer chips and epoxy resin as proposed by Nascimento et al 1997 [7]. Briefly, integrated circuit chips of discarded computer were sawed in cross-section through the middle, normal to the longest axis (as shown in Figure A1) in order to destruct the silicon circuit and expose the gold wires that are connected to the external pins (Figure A2). The number of microelectrodes of an array is determined by the number of pins in the chip.

Some of the wires can be destructed while cutting and up to 12 microelectrodes can be found in each array. The surfaces of the electrodes were smoothed by polishing with abrasive paper. The microarrays were further cleaned by sonication in deionized water and by electrochemical cycling in 0.1 M H 2 SO 4 . The individual elements in an array as well as different external combinations were electrochemically characterized using FA + PF 6 -as redox probe.

Modifications of the microelectrode arrays

Potentiodynamic or potentiostatic method is used depending on the efficiency of polymerization, film quality and uniformity all over the surface of the microelectrodes [2]. At least one microelectrode in an array was left free of the polymerization potential as a control for electrochemical directability of the modifiers.

Modification with polypyrrole (PPY)

One of the MEAs containing 6 microelectrodes was dipped in to phosphate buffer pH 7.4

electrolyte solution containing 0.5M pyrrole previously purified by distillation. PPY was potentiostatically polymerized on each of the five microelectrodes at +0.8 V for 5, 30, 60, 90, or 120 s. The sixth microelectrode of the array was left as a control. The effect of polymerization potential was also investigated using another MEA.

Modification with polyanthranilic acid (PAA)

PAA was electropolymerized as reported by Taleat et al [14]. Briefly, PAA was electrochemically polymerized from a solution of 1 M H 2 SO 4 + 0.1 M KCl containing 0.05 M the monomer, anthranilic acid, by cyclic voltammetry between 0 and +1.0 V vs Ag/AgCl at scan rate of 50 mV s -1 for 15 cycles. After deposition of the polymer film, the modified array was transferred to a fresh supporting electrolyte solution for film characterization.

Modification with Prussian blue (PB)

PB was electrodeposited from a solution containing 2. The electrochemical behaviors of the microelectrode arrays were further studied by cyclic voltammetry in 2.5 mM FA + PF 6 -in 0.1 M NaNO 3 supporting electrolyte at different scan rates.

Figure A5 shows CVs of a typical microelectrode at scan rates ranging from 0.005 to 1 V s -1 . The CVs were recorded with the electrochemical set up in a Faraday cage as the measured current at or below nano-amperes level. As the scan rate increases, the diffusion behavior changes resulting in the transition of the CVs from sigmoidal to peak shape. Sigmoidally shaped voltammograms instead of peak-shaped ones, at medium scan rates, is typical for a microelectrode. Thus, these CVs clearly characterize the array electrodes as microelectrodes [1].

Figure A5

CVs recorded at a single microelectrode of an array at scan rates ranging from 0.005 to 1 V s -1 .

The transition from sigmoidal to peak shape can be clearly seen from representative CV given in In addition to the investigation of the electrochemical behaviors of the individual and groups of microelectrodes, the characterization helped us to identify any cross talk among the individual elements in the arrays, to identify defective elements of the array, and to estimate the size and distances between the microelectrodes in the array.

External interconnection between the elements of the array allows to amplify the current by a factor of n, where n is the number of microelectrodes of the array (typically, n = 6-12). Figure A7 shows the CVs of different combinations of microelectrodes in an array where the numbers of microelectrodes externally combined is indicated on each CV (n=1, 2, 3, or 6).

When different numbers of electrodes are externally combined, the total limiting current is the same as the sum of the limiting currents at the individual elements in the combination, if there is no cross-talk among the elements combined. The sigmoidally shaped curves resulted from combination of all microelectrodes in an array clearly indicates that the distance between the microelectrodes in the array is large enough so that diffusion layers are not overlapping. This is in agreement with the report by Nescimento et al 1997 [7], where x-ray images of the chips and micrographs of the resulting surface of the arrays have revealed variable distances between neighbor microelectrodes, which are, however, larger than 10 times the radius of the disks. This feature of the microelectrodes prevents diffusional cross-talk between the electrodes. However, those at the edge of the sawing axis can be cut diagonally and hence their exposed surface diameter could be more than the diameter of the micro gold wires. The microelectrodes in chip A seem to be more uniform in area than those in chip B of Figure A8. For calculating the radius of each microelectrode, two scan rates were used. A CV recorded at very fast scan rate which can produce peak shaped voltammogram where the peak current is governed by the Randles-Sevcik equation (Eq. 1), whereas a second CV recorded at slow scan rate that can produce perfectly sigmoidal CV where steady-state current equation for disk-shape microelectrodes can be applied (Eq. 2). Using the two equations of current and applying the mathematical concept of simultaneous equation, the radius of each microelectrode was calculated [18]. From this calculation an average radius of 33.1 ± 5 µm was obtained.

i p = 2.69X10 5 n 3/2 ACD 1/2 v 1/2 Eq. 1 i m = 4mnFDCr Eq. 2

Modification of individual elements of the arrays

Polypyrrol (PPY)

The chronoamperograms of five microelectrodes of an array recorded during the polymerization of PPY for different duration of time at 0.8 V are displayed in Figure A9. Although the rate of current decline and the level where it stabilizes differ among the electrodes, they follow the same profile where an initial abrupt decline in current is followed by more stable current signal. This indicates that initial formation of the polymer film creates an additional diffusion layer causing significant reduction in current. However, the rate of decline decreases as the polymer deposition continues due to the conductive nature of the polymer. The net equation for the mechanism of PPY polymerization is shown below [19,20]. In both cases the anodic peak of PPY is anodically shifted with deposition potential and time.

The electrochemical performance of the polymer was dependent on the potential applied; at potentials cathodic to about -0.3 V, the polymer is less conductive however at potentials anodic to this value, the polymer is a good conductor as evidenced by the increase in current. The changes in the chemical state of the polymer at different potentials are discussed by Ateh et al. [20].

The control electrodes which were not exposed to the polymerization potential did not show any change in current after modification of the other electrodes in the same array. This indicates that the polymerization is well directed to the electrode of interest in the array. Interestingly, one of the control microelectrodes of the array (after modification of its neighbors) has shown characteristic CV of PPY which evidenced the deposition of the polymer film without intentional application of the polymerization potential. This result in combination with the identical steady state current value of two elements of the array during the CV characterization evidenced that the two electrodes are in electrically contact.

Polyanthranilic acid (PAA)

Figure A12A shows the CVs recorded during the PAA polymerization from a solution of 1 M H 2 SO 4 and 0.1 M KCl containing 0.05 M anthranilic acid. The potential was scanned between 0 and +1.0 V. During the first anodic scan, the two characteristic oxidation peaks of PAA between 0.25 and 0.55 V did not appear.

However, a strong irreversible oxidation peak around 0.9 V evidences the formation of the radical cation of the monomer which spontaneously couple either with another radical cation or neutral monomer molecule [19][20]. In the progressive scans, the growth of the electroactive polymer film can be inferred from the progressive increment of the two pairs of peak currents at around 0.271 V/0.296 V and 0.511 V/0.308 V (Figure A12.A). It is inline with literature reports where the anodic peak at lower oxidation potential is attributed to removal of electron from the nitrogen atom forming a radical cation [21]. The second oxidation peak is due to the oxidation of the semiquinone radical cation (polaron state) to quinonimin (bipolarone state) [21]. The decrease in the current at potentials cathodic from 0 indicates the passivation of the polymer becoming non-conductive (Figure A12.B). These two pairs of peaks resemble those characteristic of polyaniline that are usually assigned to the polaron and bipolaron formation [22]. These characteristic peaks of PAA were not observed at the control microelectrodes to which potential was not applied during the polymerization step. Stability of the polymer film was studied at pH values convenient for biomolecule immobilization. Although, the polymer film is intact and quite stable at strong acidic medium, increasing the pH of the test solution to weakly acidic, neutral and then basic pHs, resulted in the disappearance of the characteristic voltammetric peaks almost completely. In order to get information on whether the disappearance of the peaks is due to polymer loss or deactivation, after recording the CVs at pH 7.4, the polymer modified electrode was transferred again to the strongly acidic solution and CV was recorded. But, the characteristic features of PAA CV were not regained suggesting partial or complete loss of the polymer film (Figure A13). Reports in the literature are contradicting; many indicating that the polymer dissolves at solutions other than strong acid but there are still reports on biosensors developed using the polymer in basic media [9,14]. Trials of immobilizing GOx and tTG enzymes after EDC/sulfo-NHS system activation were not successful basically due to the unstable nature of the polymer film at weakly acidic, neutral and basic pHs that are convenient to work with biological molecules. Despite its instability, this polymer could be advantageous for development of biosensors due to the presence of free -COOH for covalent bonding with proteins [23]. then a layer of PC was deposited on it by spin coating. Structures shown in Figure 16 were exposed by EBL and developed in 5M NaOH. Process parameters are reported in Table 1.

Prussian blue (PB)

Table A1

Conditions used for the microfabrication of the MNEAP.

Resist

PC 3% The electrochemical performances of the arrays were evaluated using a suitable redox mediator.

Spin

Immunosensor protocol

The same materials and immunosensor protocol as in Chapter 4 are used.

A2.2 Results and discussion

Typical CVs of a bare MNEA in Ru(bpy) 3 2+ at scan rates of 10, 50, and 100 mV s -1 are shown in 
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Figure 1 . 1

 11 Figure 1.1 Scheme representing main components of a typical electrochemical biosensor.

Figure 1 . 2

 12 Figure 1.2 Three generations of enzyme electrodes for glucose based on the use of natural oxygen cofactor (A), artificial redox mediator (B), or direct electron transfer between GOx and

Figure 1 . 3

 13 Figure 1.3 Scheme showing the sequential biochemical interactions and signal detection processes in an electrochemical immunosensor. An antigen is used as biorecognition element and signal detection is based on redox enzyme labeled secondary antibody.

Figure 1 . 4

 14 Figure 1.4 SEM image of a commercial track-etched polycarbonate membrane.

Figure 1 . 5

 15 Figure 1.5 The three main steps (gold deposition, peeling and assembly) of manufacturing Au-NEEs using track-etched polycarbonate membrane as template.

Figure 1 . 6

 16 Figure 1.6 Schematic drawings of pure radial diffusion and total diffusion layer overlap regimes at NEEs [52].

Figure 1 . 7

 17 Figure 1.7 Schematic representations of the two possibilities of immunosensor architectures based on selective immobilization on the PC of Au NEEs. A) Target protein is directly immobilized, and B) the target analyte is captured by an antibody previously immobilized on the PC [73].

Figure 1 . 8

 18 Figure 1.8 Schemes showing annihilation (A) and co-reactant (B) ECL emission processes by Ru(bpy) 3 2+ luminophore. "B" outlines the electrochemical, chemical and optical processes using TPrA as co-reactant.

1 .Figure 1 . 9 A 1 M

 1191 Figure 1.9 A) ECL (a) and cyclic voltammogram (b) of 1.0 nM Ru(bpy) 3 2+ in the presence of 0.1 M TPrA with 0.1 M Tris/0.1 M LiClO 4 buffer (pH= 8) at a 3 mm diameter GC electrode at a scan rate of 50 mV s -1 . (c) As (a) but with 1.0 µM Ru(bpy) 3 2+ ; and B) Schemes representing the four different routes of ECL emission by Ru(bpy) 3 2+ /TPrA system [106].

2 Figure 1 . 10

 2110 Figure 1.10 Structures of Ru(bpy) 32+ and its derivatives suitable for covalent binding on

Figure 1 . 11

 111 Figure 1.11 Effect of pH on the ECL intensity of Ru(bpy) 3 2+ /TPrA system [79].

Figure 1 . 13

 113 Figure 1.13 Interactions of gluten with environmental, immune, and genetic factors in celiac

3 )

 3 composed of 687 amino acids, has four structural domains: N-terminal β-sandwich -contains the fibronectin and integrin binding site, catalytic core -contains the catalytic triad for the acyl-transfer reaction, and two C-terminal Barrels (Figure 1.14). The guanine binding site, absent in other transglutaminases is located between the catalytic core and the first α-turn motif [164,168-171].

Figure 1 . 14

 114 Figure 1.14 The four domains of tTG and proposed functions of each domain [162].

Figure 1 .

 1 Figure 1.15 X-ray crystal structures of the closed (left) and open (right) conformations of human tTG [168].

Figure 1 . 16

 116 Figure 1.16 Tissue transglutaminase catalyzed gliadin deamidation enhances binding of gliadin peptides to HLA-DQ2. The deamidation generates negatively charged glutamic acid residues from neutral glutamines. The negatively charged residues are preferred at positively charged antigen-binding groves of HLA-DQ2/DQ8 [144].

Scheme 2 .

 2 Scheme 2.1 shows a simplified drawing illustrating the sensor's architecture and functioning principle. Briefly, GOx is immobilized on the PC membrane of the NEE, by exploiting the interaction between the PC surface[18,19] and the enzyme. Recent studies based on fourier transform infrared (FT-IR), time of flight secondary ion mass spectrometry (TOF-SIMS), atomic force microscopy (AFM), electrical and electrochemical measurements demonstrated that proteins bind efficiently onto the PC of track-etched membranes[20][21][22]. In particular, Silvestrini

with SnCl 2

 2 by immersion into a solution of 0.026 M SnCl 2 and 0.07 M trifluoroacetic acid in a mixture of methanol-water (50:50 vol/vol) for 5 minutes. After rinsing with three aliquots of methanol for 5 min, the sensitized membrane was immersed in 0.029 M Ag[(NH 3 ) 2 ]NO 3 for 10 min. The membrane was then kept in the Au plating bath (diluted Oromerse, part B, see above) which was 7.9 x 10 -3 M in Na 3 Au(SO 3 ) 2 , 0.127 M in Na 2 SO 3 . After 30 minutes, 0.625 M formaldehyde was added to the plating bath; the delay time was introduced to allow the formation of the first gold nuclei (produced by galvanic displacement of metallic Ag 0 particles with Au 0 nuclei) in the pores of the PC before further catalytic growth of gold induced by adding formaldehyde. The temperature of the bath was maintained between 0 and 2 °C. The electroless deposition was allowed to proceed for 15 hours, and followed by addition of 0.3 M formaldehyde. The deposition was continued for another 9 hours, after which the membrane was taken off the bath and consecutively rinsed with water, immersed in 10% HNO 3 for 12 hours and rinsed with water again. The membrane bearing the deposited gold was gently dried with clean air before cutting into small pieces. The final assembly of the NEEs (for obtaining electrodes handy for use in an electrochemical cell) was carried out as detailed in Chapter 1. Before use, NEEs were treated in an oven for 30 min at 150 °C (slightly above the glass transition temperature of PC) to improve the sealing between PC and the Au nanowires. The geometric area, A geom , of the NEE was determined by the diameter of a hole punched in the insulating film (Monokote by Topflite) that covers the peeled face of the NEEs. The electrical contact was established with a copper tape attached to the NEE before placing the insulating tape. In this experiment, NEEs with two different hole dimensions were prepared: hole diameter 3 mm, to

Figure 2 . 1

 21 Figure 2.1 Shows CVs of typical 3 mm and 0.8 mm diameter NEEs at different scan rates in a solution of 0.05 M PBS pH 6.8 containing 100 µM FA + PF 6-as a well known reversible redox probe. Reduction of the geometric area of the NEEs from 0.07 cm 2 to 0.005 cm 2 resulted in a reduction of anodic peak current by a factor of 14. However, the miniaturized NEE still produced peak shaped voltammogram down to reasonably low scan rates indicating that border effect is negligible.

Figure 2 . 1

 21 Figure 2.1 Cyclic voltammograms at different scan rates (mV) in 0.05 M phosphate buffer pH 6.8 containing 100 µM FA + PF 6 -, A) NEE of A geom =0.07 cm 2 , B) NEE of A geom = 0.005 cm 2 .Insets: Plots of the dependence of faradaic peak current on square root of scan rate (v 1/2 ).

Figure 2 .

 2 Figure 2.2 shows the comparison of the CVs of experimental (solid lines) and digital simulations (dashed lines) of the macro-NEEs (Figure 2.2A) and the micro-NEEs (Figure 2.2B) in 100 µM

Figure 2 . 2

 22 Figure 2.2 Experimental (solid lines) and simulated (dashed lines) CVs at a NEE recorded in 100 µM FA + PF 6 -, 0.05 M phosphate buffer, pH 6.8 at 50 mV s -1 , A) A geom. = 0.07 cm 2 ; A act. = 8.2

Figure 2 . 3 A

 23 Figure 2.3 A) SEM image and B) SEM-EDS spectrum of the NEE used for developing the biosensor. SEM-EDS spectrum was taken from a portion of the NEE surface composed by the nanodisk electrodes and the black insulating surface surrounding them.

Figure 2 .

 2 4, only slight increase (ca. 10 mV) in anodic and cathodic peak potential separation (ΔE p ) and an anodic peak current decrease of only 7 % resulted after the functionalization of the NEE with GOx.

Figure 2 . 4

 24 Figure 2.4 CVs recorded at a 3 mm NEE before (solid line) and after (dash line) functionalization with GOx in 100 µM FA + PF 6 -, 0.05 M phosphate buffer, pH 6.8 at 5 mV s -1 .

Figure 2 .

 2 Figure2.5A on the other hand, shows the cyclic voltammograms recorded at 5 mV s -1 at a the functionalized macro-NEE (A geom = 0.07 cm 2 ) functionalized with GOx in 0.05 M phosphate buffer solution pH 6.8 containing 100 µM FA + PF 6 , both in the absence (full line) and presence (dash line) of 50 mM glucose. It is quite clear that after addition of glucose into the electrolyte solution containing the redox mediator, the cyclic voltammetric pattern at the functionalized NEE is dramatically changed (see dashed line in Figure2.5A) in such a way that the anodic peak current abruptly increased establishing a steady state, while the reverse cathodic peak is completely disappeared giving a typical electrocatalytic sigmoidally shaped CV pattern. This agrees with the following electrocatalytic cycle[38][39][40][41]:

Figure 2 . 5

 25 Figure 2.5 CVs recorded at GOx-NEEs in 100 µM FA + PF 6 -, 0.05 M phosphate buffer (pH 6.8), in the absence (solid lines) and presence of 50 mM glucose (dashed lines) at 5 mV s -1 ; A) A geom = 0.07 cm 2 , B) A geom = 0.005 cm 2 .

Figure 2 . 6 A

 26 Figure 2.6 A) Cyclic voltammetric responses of GOx functionalized NEE in solutions containing 0, 2, 5, 10, 15, 20 and 50 mM glucose at scan rate of 5 mV s -1 , B) Michaelis-Menten plot of I net =(I cat -I p ) vs glucose concentration and C) Lineweaver-Burk plot.

Figure 2 . 7

 27 Figure 2.7 Representative CVs recorded when performing repeated scan cycles with the micro-NEE biosensor in 50 mM glucose. Other parameters are as indicated in Figure 2.5.

Figure 2 . 8

 28 Figure 2.8 Cyclic voltammograms at a micro-NEE sensor at different scan rates. All experimental conditions are as in figure 2.5.

Figure 2 . 8

 28 Figure 2.8 Glucose sensor in PBS (pH 6.8) containing 100µM FA + (dash line) and after addition of RB0 (red), RB1 (green), RB2 (blue) or RB3 (brown) at scan rate of 5 mV s -1 .

Scheme 3 . 1

 31 Scheme 3.1 Scheme depicting the immunosensor architecture and the associated electrochemical and enzymatic processes. NB. Components are not drawn to scale.

Figure 3 . 1

 31 Figure 3.1 Cyclic voltammetric behaviors of H 2 Q (1 mM in PBS) at Au NEEs prepared using 30 nm (black line) and 200 nm (blue line) pore diameter PC, and at a macro gold electrode (red) with the same geometric area as the NEEs, i.e. 3 mm diam. The corresponding peak potential separations (ΔE p ) and peak current ratios are shown in the inset table. NEE-30 and NEE-200 represent NEEs fabricated using PC templates with 30 nm and 200 nm pore diameters respectively. Scan rate 50 mV s -1 .

Figure 3 . 2

 32 Figure 3.2 Cyclic voltammograms obtained with the 1 µg mL -1 anti-tTG immunosensor in deoxygenated 0.05 M PBS (pH 7.4) containing freshly prepared 1 mM H 2 Q before (dash lines) and after (solid lines) addition of 1.5 mM H 2 O 2 . A) Initial anodic scan reaching to the H 2 Q oxidation potential, and B) initial cathodic scan without reaching to the H 2 Q oxidation potential during the anodic reverse scan. Scan rate of 50 mV s -1 .

Figure 3 .

 3 Figure 3.3 compares the cyclic voltammetric curves at a well cleaned NEE in 1 mM H 2 Q in the absence (dashed line) and presence (full line) of 1.5 mM H 2 O 2 . The fact that the CV profile of H 2 Q is not altered by the presence of H 2 O 2 evidences the absence of a direct chemical reaction between H 2 O 2 and H 2 Q although it is thermodynamically feasible, which is inline with a previous report by Zhou et al [52].

Figure 3 . 3

 33 Figure 3.3 Cyclic voltammograms recorded at a bare Au NEE in 0.05 M PBS (pH 7.4) containing 1 mM H 2 Q before (dash line) and after (solid line) addition of 1.5 mM H 2 O 2 . Scan rate 50 mV s -1 .

Figure 3 .

 3 Figure 3.4A depicts the change in voltammetric responses of the immunosensor upon increasing of the H 2 O 2 concentration (from 0 to 2.5 mM). In this range of concentration, the cathodic catalytic current scales with the H 2 O 2 concentration. With concentrations up to 1.5 mM, a well defined cathodic peak was obtained at about the reduction potential of H 2 Q. Upon increasing of the concentration above 1.5 mM, the peak becomes unidentifiable and the current continuously increases after the peak potential. The continuous increment in current after the cathodic peak potential of H 2 Q may be associated to the electrochemical reduction of the excess H 2 O 2 which is inline with the same but slight cathodic current increment observed in Figure 3.3 after addition of

Figure 3 . 4

 34 Figure 3.4 Cyclic voltammetric responses of a 1 µg mL -1 anti-tTG immunosensor, A) in 1 mM H 2 Q in PBS containing different concentrations of H 2 O 2 , and B) in 1.5 mM H 2 O 2 in PBS containing different concentrations of H 2 Q. Scan rate 50 mV s -1 .

Figure 3 . 5

 35 Figure 3.5 Calibration curves of the immunosensor with A) an initial anodic scan reaching to the H 2 Q oxidation potential, and B) an initial cathodic scan without reaching to the H 2 Q oxidation potential during the anodic reverse scan.

Figure 3 . 6

 36 Figure 3.6 Multiple continuous scans with a 0.01 µg mL -1 anti-tTG immunosensor at 50 mV.s -1 , A) with initial anodic scan reaching the H 2 Q oxidation potential, and B) with initial cathodic scan not reaching the H 2 Q oxidation potential during the anodic reverse scan. Parameters are as in Figure 3.2.

Figure 3 .

 3 Figure 3.7A reports CVs recorded at a NEE incubated with 1 % BSA and SecAb-HRP followed by appropriate thorough washing step with 0.05 % Tween 20. The dashed line CV, recorded in H 2 Q, coincides with the full line curve recorded after addition of 1.5 mM H 2 O 2 . This evidence indicates that, the BSA blocking step effectively prevents the non-specific binding of SecAb-HRP on the PC and Au surfaces of the NEE. Indeed, in contrast with the result in Figure 3.2A(which can be considered as a positive control), the addition of H 2 O 2 did not result in the appearance of any electrocatalytic peak during the reverse scan. Also, it does not reflect in any decrease of the anodic peak current of the CV. Both evidences support the absence of HRP on the surface of the NEE.

Figure 3 . 7

 37 Figure 3.7 Cyclic voltammograms in 1 mM H 2 Q in 0.05 M PBS pH 7.4 before (dash lines) and after (solid lines) adding 1.5 mM H 2 O 2 at scan rate of 50 mV s -1 ; A) NEE incubated with 1 % BSA, then with SecAb-HRP and thoroughly washed with 0.05 % Tween 20, B) negative control in which the anti-tTG, 0.01 M PBS incubation step is replaced by incubation in PBS alone.

  tTG concentration is shown by data in Figure 3.8. The experiments were performed in triplicates by incubating different NEEs with serial dilutions (0.001 to 10 µg mL -1 ) of monoclonal standard mouse anti-tTG. The CV responses of four representative concentrations are reported in Figure 3.8A. The parameter analytically useful for identifying and quantifying anti-tTG is the electrocatalytic current increment (I net ) defined as the difference between the catalytic current recorded after addition of H 2 O 2 and the peak current of H 2 Q in the absence of H 2 O 2 in absolute value at a potential of -0.35 V: I net = |i catalytic(H2Q + H2O2)i pc(H2Q) |The I net value taken at -0.35 V scales linearly with the concentration of the anti-tTG (C anti-tTG ) in the range of 0.005 to 1 µg mL -1 , as shown in Figure3.9B. For concentrations above 1 µg mL -1 typical of an enzymatic reaction.

Figure 3 . 8 A

 38 Figure 3.8 A plot of the electrocatalytic current at the immunosensor vs concentration of anti-tTG in the concentration range of 0.005 to 10 µg mL -1 .

Figure 3 . 9 A

 39 Figure 3.9 A) Cyclic voltammograms of different concentrations of anti-tTG (0, 0.005, 0.01, 0.1 and 1 µg mL -1 ) using conditions identical to in figure 3.1, and B) the corresponding calibration plot of immunosensor net peak current (I Net ) vs analyte concentration. Error bars show standard deviations of triplicate measurements (n=3).

Figures 3 .Figure 3 . 10

 3310 Figure 3.10 Cyclic voltammetric responses of four serum samples 10636 with the proposed immunosensor in deoxygenated 0.05 M PBS (pH 7.4) containing freshly prepared 1 mM H 2 Q before (dash lines) and after (solid lines) addition of 1.5 mM H 2 O 2 : Samples A) 10691, B) 10623, C) 10636 and D) 10633. Scan rate 50 mV s -1 .

Figure 3 . 11

 311 Figure 3.11 Scattered plot of normalized concentrations of real clinical serum samples obtained by the new electrochemical immunosensor (ECIS) vs the standard fluoroenzyme immunoassay (FEIA). Spearman's coefficient (r s ) of 0.84 and Pearson's correlation (r) of 0.66 are obtained.

Scheme 4 . 1

 41 Scheme 4.1 Scheme showing the design of the immunosensor (not drawn to scale). The PC surface is first modified with the capture protein, tTG. The assay is performed by incubating it with a sample containing the target (i.e. anti-tTG antibody) and then in a solution of a biotinylated detection antibody. The final step consists in attaching the ECL label by exposing the immunosensor to a solution containing a streptavidin-modified Ru(bpy) 3 2+ complex (SA-Ru).Oxidation of TPrA occurs at each Au nanoelectrode of the NEEs and the resulting radicals, TPrA •+ and TPrA • , diffuse over short distances and react with the luminophore label attached to the PC to generate the ECL emission. Note that the different elements are not drawn to scale.

  Photonics) and a three electrode electrochemical cell properly aligned with the PMT are used (Figure 4.1A). All these components of the set up are simultaneously run by PGES software. The PMT and the electrochemical cell (Figure 4.1B) are housed in a dark box to prevent external background light.

Figure 4 . 1

 41 Figure 4.1 Photos of A) ECL measuring instrumental set up, B) alignment of the electrochemical cell and the PMT.

Figure 4 . 2

 42 Figure 4.2 Photograph of a Field Emission Scanning Electron Microscopy (FE-SEM) instrument.

  dropped on the NEE and incubated for 2 h at 25 o C. The tTG-NEE was subsequently blocked with 1 % BSA (in 1X PBS) for 30 min followed by incubation with 10 µL standard solution of anti-tTG or serum sample in 1X PBS pH 7.4 for 60 min. After washing with 1X PBS pH 7.4 containing 0.05 % Tween 20, the captured primary antibody was coupled with biotinylated goat anti-mouse or anti-human (in cases of serum samples analysis) IgG secondary antibody for 60 min. It was further incubated for 30 min at +4 °C with SA-Ru solution. In all the procedures, 1X PBS impregnated filter paper was put in the incubation container and sealed to avoid evaporation of the solution; incubations were made at 25°C except the last step. All incubation steps were followed by thorough rinsing with the 1X buffer solution. Finally, the biosensor was dipped in a homemade three-electrode electrochemical cell containing 0.1 M TPA in 0.1 M PBS pH 7.4

  The FE-SEM images of a typical NEE taken before functionalizing with the capture protein, tTG, are shown in Figure4.3.

Figure 4 . 3

 43 Figure 4.3 Field emission scanning electron microscopy images of a bare gold-NEE at two magnifications.

  88 V is attributed to the electrochemical oxidation of TPrA, as confirmed by differential pulse voltammetry (DPV) experiments (Figure 4.5).

Figure 4 . 5

 45 Figure 4.5 Overlay of DPVs of a bare NEE in PBS only, after addition of TPrA or Ru(bpy) 3 2+

Figure 4 . 6

 46 Figure 4.6 Differential Pulse Voltammograms (DPVs) recorded at bare NEE and at the immunosensor in PBS 7.4 in the absence of TPrA.

Figure 4 . 7

 47 Figure 4.7 Differential pulse voltammograms (DPVs) recorded at bare NEE in PBS: A) containing 0, 1, 5, 10, 50, 100 mM (a-f) TPrA or (g) 100 µM Ru(bpy) 3 2+ , and B) containing different concentrations of Ru(bpy) 3 2+ .

  Moreover, the central role of the TPrA oxidation in the present analytical strategy was also confirmed by comparing the voltammetric and ECL emission patterns observed when changing the Ru(bpy) 3 2+ concentration either when dissolved in solution (Figure 4.8A-C) or when bound onto the PC as a SA-Ru(bpy) 3 2+ label (Figure 4.8D-F). When Ru(bpy) 3 2+ is dissolved in solution (Figure 4.8A-C), two ECL peaks are recorded at around 0.88 V and 1.2 V. Both ECL signals are better resolved at lower concentrations of ruthenium complex (e.g. 0.5 µM), keeping the TPrA concentration constant at 0.1 M. Such a behavior was already reported in previous works

Figure 4 .

 4 8D-F), the amount of ECL label bound on the PC surface was tuned by changing the concentration of anti-tTG in the incubation solution. Higher anti-tTG concentrations favor more bounded secondary antibody and, consequently, more SA-Ru(bpy) 3 2+ finally attached on the PC. In this case, only one ECL emission peak is detected at 0.88 V, its maximum intensity depending on the amount of anti-tTG (i.e. Ru(bpy) 3 2+ label). As expected, the voltammetric signals remain practically unchanged from Figure4.8D-F because TPrA oxidation and Au-oxides formation occur whatever the amount of label immobilized on the PC. Only for the highly amplified ECL signals in Figure3D, a very small ECL emission was detected in proximity to the Ru(bpy) 3 2+ oxidation potential (1.28 V), with an ECL peak emission that is not higher than 1% of the peak at 0.87 V. This confirms the negligible effect of nonspecific adsorption of eventual traces of the luminophore on the NEE.

Figure 4 . 8

 48 Figure 4.8 Effect of the amount of luminophore either dissolved in solution (curves A-C) or immobilized on PC (curves D-F) on the voltammetric (blue curves) and ECL responses (red curves) in 0.1 M PBS pH 7.4 solution containing 0.1 M TPrA. A-C) Signals recorded at bare NEE after adding A) 0.5, B) 1.0, and C) 10 µM Ru(bpy) 3 2+ in the solution. D-F) Signals recorded with the immunosensor incubated with D) 0.5, E) 1, and F) 10 µg mL -1 anti-tTG antibodies.

Figure 4 . 9

 49 Figure 4.9 Cyclic voltammogram (blue curve) and the corresponding ECL intensity (red curve) of the anti-tTG immunosensor obtained in deoxygenated PBS (pH 7.4) containing 0.02 M DBAE. Scan rate of 100 mV s -1 .

  generated. On the contrary, the CVs recorded at the controls and the immunosensor are similar as displayed in Figure4.10A. Unlike the DPV in Figure4.6 which has shown significant peak current intensity difference between the bare NEE and the immunosensor, the CVs of the two electrodes are comparable. This could mainly be attributed to the presence of TPrA in the electrolyte solution.

Figure 4 .

 4 Figure 4.10 CVs (A) and the corresponding ECL curves (B) of bare NEEs (black curve), of the immunoassay recorded without (negative control -blue curve) and with (red curve) the incubation step in presence of the anti-tTG antibody in a PBS solution (pH 7.4) containing 0.1 M TPrA. Scan rate of 100 mV s -1 .

  Finally, it reduces oxide layer formation on Au or Pt electrode surfaces. The electrochemical performances of the NEEs may be affected by the oxides layer formation on the Au nanodisks. As reported in Figure 4.11A and B, the immunosensor offered better ECL signals reproducibility when the potential was reversed from 1.0 V than reversing from 1.6 V. The ECL signals of the first and second scans are not shown in Figure 4.11, because, most experiments of this work, provided representative ECL signals after the second scan. When the potential was reversed at 1.6 V (Figure 4.11A), the percentage decrease of ECL between the 3 rd and 6 th measurement was about 28 %, but, when the scan was reversed from 1.0 V the decrease lowered to about 5 % (Figure 4.11B). At the 10 th cycle, the ECL signal intensity was further lowered (with respect to the first cycle) by about 84 and 16 %, respectively.

Figure 4 . 11

 411 Figure 4.11 Overlays of the 3 rd (red curves), 6 th (black curves) and 10 th (blue curves) ECL curves of repetitive measurements at the immunosensor in PBS containing 0.1 M TPrA. They display the effect of scan reversing potential, 1.6 V (A) and 1.0 V (B), on the stability of the ECL signal.

Figure 4 .

 4 Figure 4.12 ECL images of a clean bare Au NEE before functionalization (left) and the anti-tTG IgG immunosensor in deoxygenated PBS (pH 7.4) containing 0.1 M TPrA. The experimental parameters are imaging potential 0.9 V and exposure time of 6 seconds.

Figure 4 .

 4 Figure 4.13 A) Relationship between ECL intensity and the concentration of anti-tTG antibody. The arrow indicates increasing concentrations of this target antibody: 0.00, 0.001, 0.01, 0.05, 0.1, 0.5, 1.0 and 10.0 µg mL -1 . B) Log-log plot of ECL signal output as a function of the concentration of anti-tTG captured on the NEE platform (n = 3). Same experimental conditions as in Figure 4.4.

Figure 4 .

 4 Figure 4.15 A) ECL signals detected with immunosensors for the evaluation of anti-tTG level in human serum samples (diluted 1:200 in 1X PBS); other experimental conditions as in Figure 4.4. B) Comparison of ECL intensities measured by the proposed ECL immunoassay with clinical results determined by fluoroenzyme immunoassay of serum samples from 5 CD patients (9777, 9782, 9784, 9809, 9830) and from 2 healthy individuals (9463, 9597).

Figure A1

 A1 Figure A1 Scheme of an integrated circuit chip showing the cutting axis

A1. 2

 2 Figure A4 was recorded at a single microelectrode in H 2 SO 4 during the electrochemical cleaning.Because the CV is typical characteristic of gold electrodes, it proofs that the micro-disc arrays are made up of gold electrodes.

Figure A4

 A4 Figure A4 Cyclic voltammogram recorded at a single microelectrode of an array in 0.1 M H 2 SO 4 at scan rate of 100 mV s -1 .

Figure A6 .

 A6 Figure A6. At scan rates up to about 100 mV s -1 , radial diffusion dominates producing sigmoidal CVs; but above this scan rate characteristic CVs of transitional diffusion mode were observed. At very fast scan rates, the peak-shaped CVs indicate that the electrodes work at planar diffusion behavior.

Figure A6

 A6 Figure A6 CVs recorded at a single microelectrode of an array at different scan rates A) 0.001, B) 0.02, C) 0.5 and D) 500 V s -1 in 0.1 M NaNO 3 containing 2.5 mM FA + PF 6 -.

Figure A7

 A7 Figure A7 CVs recorded in 0.1 M NaNO 3 containing 2.5 mM FA + PF 6 -at different combination of microelectrodes of an array at scan rate of 20 mV s -1 . The numbers on each CV indicate the number of microelectrodes of an array externally combined.

Figure A8

 A8 Figure A8 CVs recorded at each microelectrode of two representative arrays (chips) in 0.1 M NaNO 3 containing 2.5 mM FA + PF 6 -at scan rate of 10 mV s -1 ; A) represents an array composed of uniform elements, while B) represents variable sized electrodes in the array.

Figure A9

 A9 Figure A9 Chronoamperograms recorded during potentiostatic (at +0.8 V) synthesis of PPY at five microelectrodes of an array (chip) each for different time interval (5, 60, 120, 140, and 280 s). Inset: magnified chronoamperogram of 5 s PPY polymerization.

Figure

  FigureA10shows CVs at a typical PPY modified as well as control microelectrodes of an array.A microelectrode, to which the polymerization potential was applied, has shown characteristic

Figure 10

 10 Figure 10 CVs recorded in PBS before (dash line) and after (full line) polymerization at two microelectrodes of an array A) to which PPY is deposited at 0.8 V for 5 s, and B) to which polymerization potential was not applied. Scan rate 20 mV s -1 .

Figure A11

 A11 Figure A11 CVs recorded at PPY modified microelectrodes of a chip; A) after potentiostatic polymerization at +0.8 V but for different polymerization time (0, 5, 60 and 90s), B) after polymerization at different potential but at constant polymerization time (i.e. 5 s). Scan rate 20 mV s -1 . NB: the dashed CV in A represents the control microelectrode.

Figure

  Figure A12. A) Electropolymerization of PAA by CV from 1M H 2 SO 4 + 0.1M KCl solution containing 0.05 M anthranilic acid monomer between 0 and +1.0 V at 50 mV s -1 for 15 cycles; B) CV at PAA modified electrode in the supporting electrolyte solution.

Figure A13

 A13 Figure A13 CVs of a bare electrode in supporting electrolyte (black solid line), PAA coated electrode in strong acid (red solid line), PAA coated electrode in PBS pH 7.4 (dashed line) and PAA coated electrode in strong acid after cycling in the PBS solution (dotted line).

  Figure A14 shows repetitive cycles of PB modified microelectrode of an array. It was recorded during the 25 cycle activation step of the deposited film. The peak currents progressively increase with number of cycles.

Figure A14

 A14 Figure A14 Repetitive cycling of PB modified Au microelectrode in a solution of 0.1 M KCl/HCl at scan rate of 20 mV s -1 .

Figure A15

 A15 Figure A15Cyclic voltammograms at PB modified gold microelectrode in potassium phosphate buffer pH 7.4 (solid lines), A) in 40% diluted Alce honey with buffer (dash line), B) after addition of 1 µg mL -1 GOx in to the 40% honey solution (dash line) and after addition of Catalase enzyme in to the honey containing solution (dash dot line). Scan rate 5 mV s -1 .

Figure

  Figure A17 the obtained CVs are sigmoidal in shape.

Figure A17

 A17 Figure A17 Cyclic voltammograms recorded at bare MNEA in PBS pH 7.4 containing 0.1 mM Ru(bpy) 3 2+ at scan rates of 10 (black line), 50 (red line) and 100 mV s -1 (blue line).

Figure

  Figure A18 shows the CVs recorded at clean BDD electrode in phosphate buffer solution pH 7.4 before (blue line) and after (red line) addition of 100 mM TPrA. The increase in the oxidation peak of the CV after addition of TPrA is associated to the oxidation of TPrA at the electrode.
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	'on and off'; (vi) the electrochemical process applied to generate reactive species, introduces an
	additional selectivity and provides further analytical information about the analyte; (vii) multiple
	luminophore labels can be coupled to biological molecules without affecting immune-reactivity,
	solubility, or ability to hybridize; and (viii) better for multiplexing through using multiple
	luminophore labels which have different excitation potential or different emission wavelength, or
	by controlling the position of emission by interrogating each electrode in an array.
	1.3ECL emission systems can be classified into different classes based on different criteria. This
	document is limited to describing classifications based on type of luminophore, solvent used and
	mechanism of emission.
	Although chemiluminescence (from which ECL evolved) has long been established for analysis
	of a wide range of compounds, the analytical importance of ECL was recognized only half a
	century ago. The new technique, ECL, is dominating its ancestor due to the advantages that it
	offers. Namely [80,85,87], (i) measurement is simple and rapid; (ii) dramatic improvement in
	sensitivity and limit of detection due to the localization of emission at the electrode interface, and
	in situ recycling of lumuniphore allowing multiple emissions from a single molecule; (iii) wide
	dynamic range; (iv) requires fewer reagents than chemiluminescence since reactive species can
	be produced from nonreactive precursor(s); (v) initiation, rate and course of emission can be
	controlled by manipulating the applied potential to the extent that it can effectively be switched

  Track-etched polycarbonate membrane (47 mm diameter, 6 µm thickness, 6 × 10 8 pores per cm 2 , 30 nm nominal pore diameter and average center-to-center pore distance 200 nm) were purchased from SPI-pore. Commercial gold electroless plating solution (Oromerse Part B,

	Technic Inc.) was used for synthesizing nanodisks. GOx from Aspergillus niger, bovine serum
	albumin (BSA), and Tween 20 surfactant were from Sigma-Aldrich. FA + PF 6	-was prepared by
	metathesis of the (ferrocenylmethyl)trimethylammonium iodide with potassium
	hexafluorophosphate (Alfa Aesar). All other reagents were of analytical grade and were used as
	received.	

table top scanning electron microscope coupled with a Swift ED3000 X-ray microanalysis system.

Table 1

 1 Effect of the pH of both the incubation solution and the CV supporting electrolyte, on the electrochemical response of the biosensor. Acetate buffer was used for solutions of pH 4.2 and 5.6, but phosphate buffer for pH 6.8.

	GOx Immobilization pH	Electrolyte pH	I Net = (I cat -I p ) (µA)	I cat /I p
	6.8	6.8	0.1870	1.1
	5.6	5.6	0.0906	1.2
	5.6	6.8	0.4273	2.2
	4.2	6.8	0.4710	3.7

Table 3 . 1

 31 Average anti-tTG IgG and IgA concentrations determined by the proposed electrochemical immunosensor (ECIS) and clinical fluoroenzyme immunoassay (FEIA) methods respectively.

		IgG (µg/ml)	IgA (U/ml)		IgG (µg/ml)	IgA (U/ml)
	Serum Sample	by ECIS	by FEIA	Serum Sample	by ECIS	by FEIA
	10669	41.3	366	10644*	13.22	0.1
	10658	15.855	232	10550	27.28	420
	10636	37.08	442	10526	36.34	425
	10668	1.405	112	10525	ND	16
	10637	17.12	68	10521	2.15	41
	10650	22.4	273	10519	1.75	39
	10623	12.06	165	10633	47.88	776
	10607	ND	57	10645*	ND	ND
	10603	14.14	238	10691*	ND	ND
	10605	7.68	116	9830	10.22	128
	10562	29.58	81	9777	25.54	200
	10577	20.06	80	9597*	ND	ND
	10594	25.3	643	9463*	ND	ND
	10554	20.38	334	9784	4.42	100

ECIS-electrochemical immunosensor, FEIA-fluoroenzymeimmuno assay, ND -Not Detected *Samples where clinical reports indicated absence of CD (healthy)

  3 2+ complex, but in the absence of the monoclonal mouse anti-tTG antibody (Figure 4.10B). ECL intensity comparable to the background level of the immunosensor is recorded in the former case. In the later situation, the lack of any quantifiable ECL signal indicates the absence of non-specific binding of the secondary antibody and/or SA-Ru(bpy) 3 2+ label. Both experiments confirm that when the anti-tTG target is absent, no Ru(bpy) 3 2+ label is bound onto the NEEs and no ECL is

List of Abbreviations a.u.

Arbitrary unit A act labeled goat anti-human IgG respectively. The full line CVs refer to voltammograms recorded after adding 1.5 mM H 2 O 2 . Each of the 28 serum samples was tested following the same procedure but each was analyzed using different NEEs. The existence and the intensities of the catalytic peak currents recorded at the immunosensors after addition of H 2 O 2 , allows one to detect both the presence and the concentration of anti-tTG IgG in the serum samples.

Quantification of signals, based on the increase in the catalytic peak current, was performed by interpolation with the calibration plot reported in Figure 3.9B. The final concentrations of the anti-tTG IgG, displayed in Table 3.1, were calculated taking in to account the dilution factor.

As illustrated by the CVs in Figure 3.10A, for serum samples taken from healthy subjects, the recorded catalytic current values are considerably lower. However, signals detected from most of the clinically proved CD patients are reasonably intense (e.g. process, this means that the initial electron-transfer reactions occuring at the Au nanodisks are separated from the final step where light is emitted at the level of the non-conductive PC surface selectively modified by the biomolecules. Such a sensing approach does not require a direct electron transfer between the ECL label and the electrode surface and hence, it is completely based on the so-called "revisited route" of ECL emission [52,72]. In this mechanistic path, only the model co-reactant TPrA is oxidized at the electrode and the resulting radicals, TPrA •+ and TPrA • , play the central role in the ECL process:

TPrA -e  TPrA •+ (1)

where Im + is the iminium product and PC-… -Ru(bpy) 3 2+ represents the ruthenium label attached to the PC surface via the biorecognition chain described on Scheme 4.1.

The radical cation TPrA •+ is formed at the surface of the Au nanodisks by TPrA electrooxidation (reaction 1). While diffusing, the radical cation undergoes deprotonation reaction to produce the strong reducing radical TPrA • (reaction 2), which reduces the immobilized Ru(bpy) 3 2+ label to Ru(bpy) 3 2+ (reaction 3). This process is followed by the one-electron oxidation of Ru(bpy) 3 2+ by the remaining TPrA •+ radical cations to generate the excited state Ru(bpy) 3 2+ on the PC (reaction 4). Finally, Ru(bpy) 3 2+ relaxes to the ground state by photon (ECL) emission (reaction 5) [43,63,64].

It is worth mentioning that the factors which affect the life-time of the radical cation, such as the pH of the electrolyte solution [74,75], should be critically controlled to ensure optimum proportion of TPrA •+ and TPrA • at the site of emission. Indeed, the unstable nature of the radical cation is one of the factors that determine the maximum distance from the electrode at which ECL emission can occur. In strongly alkaline solutions, deprotonation of TPrA •+ is enhanced resulting in shortage of the cation at the site of emission. Based on the 0.2 millisecond half-life (in neutral pH) of the radical cation reported in the literature [72], it can diffuse up to 6 µm from the site of formation [52,72] which is a distance largely exceeding the maximum distance (i.e.

200 nm) of the luminophore label from the nanodisks (i.e. the maximum half-distance between two neighboring nanoelectrodes) in our sensor. This means that both radicals generated by reactions ( 1) and ( 2) can live long enough to diffuse to the ruthenium label where reactions (3)-( 5) take place on the PC surface (see Scheme 4.1).

ECL immunoassay platform

The ECL platform consists of an ensemble of nanoelectrodes delimited by an insulating PC film which is modified with a capture tTG protein. The assay was performed by incubating the modified NEEs with a sample containing the target anti-tTG IgG antibody and then in a solution of a biotinylated detection antibody. Finally, the streptavidin-modified ECL label is attached to this secondary antibody found on the PC surface. The Ru(bpy) 3 2+ label should bind only to the PC where the capture tTG protein is present.

The ECL triggering potential is applied in a cyclic voltammetric pattern in a PBS solution containing the co-reactant. 

Appendix

A. Preliminary experiments with arrays of micro-and nano-electrodes

During my study on NEE based biosensors, I examined also the possibility to apply, for similar goals, different types of arrays of micro-and nano-electrodes. Preliminary experiments with these electrochemical devices allowed me to point out some interesting properties whose description constitute the topic of this Appendix.

A1. Modification of individually addressable microelectrode arrays

Individual addressing of microelectrode arrays (MEAs) is realized by connecting each electrode by its own to a corresponding bond pad on the chip border or by an integrated circuit [1].

Individually addressable MEAs offer substantial advantages including rapid response, high spatial resolution, the possibility of simultaneous multi-analyte detection, and probing signal transmission in a network of biological cells [2][3]. The most common methods for the fabrication of MEA include photolithography, reactive ion etching, screen printing, and sonochemical ablation [4][5][6].

However, these techniques are expensive and time consuming. As an innovative alternative, a simple and cheap way to fabricate arrays of gold microelectrodes was reported by Nascimento et al in 1997 [7]. In this method surplus, defective, damaged (but not overheated) or low priced brand new integrated circuit chips can constitute the 'raw material' for the manufacture of individually addressable gold MEA. This opens interesting prospects for the development of cheap arrays of electrochemical sensors with multiplexed detection capabilities.

In this preliminary work, we present the fabrication, characterization and electrochemically directed modification of each element in the microelectrode arrays. The characterization was conducted by cyclic voltammetry to test for cross talk among the microelectrodes in the array and to distinguish good electrodes from non-functioning ones. Each electrode was run individually and investigated in different combinations [8].

A2. Anti-tTG functionalization of Arrays of boron doped diamond nanoelectrodes

Besides the development of anti-tTG ECL immunosensor using nanoelectrode ensembles (presented in chapter 4), we examined the same protocol using arrays of boron doped diamond micro-/nano-electrodes (MNEA) which are manufactured by e-beam lithographic (EBL)

technique. Each MNEA consisted of 16 small arrays of dots and bands (Figure A16). This 

A2.1 Experimental

Fabrication of the MNEA

A detail of the fabrication procedure is given in Virgilio et al 2013 [27]. Briefly; Si substrate coated with a 400 nm thick layer of BDD sample was treated with O 2 plasma for 15 seconds and Scan rate 50 mV s -1 . 
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