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Kurzfassung 

Nanostrukturiertes poröses Silizium (PSi) als optischen Transducer für die Detektion zahlreicher 

Moleküle wurde in den letzten Jahren intensiv untersucht. Die nanoporöse Struktur wird durch 

elektrochemisches Ätzen hergestellt, bietet eine hohe interne Oberfläche und ideale Bedingungen zur 

chemischen Funktionalisierung bei charakteristischen optischen Eigenschaften. Zielmoleküle können 

mit einem einfachen experimentellen Aufbau markierungsfrei in Echtzeit detektiert werden. Dennoch 

haben sich PSi-Biosensoren aufgrund ihrer unzureichenden Sensitivität im mikromolaren Bereich für 

die Detektion von DNA und Proteinen in der klinischen Anwendung nicht durchgesetzt. 

Die limitierenden Faktoren PSi-basierter Biosensoren und Methoden werden zu ihrer Optimierung 

ermittelt. Als Modellsystem werden Fabry-Pérot Dünnschichten untersucht und „reflective 

interferometric Fourier transform spectroscopy“ Messungen zur markierungsfreien Detektion von 

unterschiedlichen Zielproteinen erfolgen. Die Selektivität der Biosensoren wird durch die 

Funktionalisierung mit DNA-Aptameren erreicht. Vorteile dieser synthetischen Fängermoleküle im 

Vergleich zu traditionell eingesetzten Antikörpern werden untersucht. Im Vergleich zeigen beide 

Systeme ähnliche Biosensor-Eigenschaften bezüglich Detektionsbereich, Selektivität und Sensitivität, 

wenn die jeweiligen Fängermoleküle orientiert auf der PSi-Oberfläche immobilisiert werden. 

Nichtsdestotrotz vereinfachen die Stabilität und die geringen Kosten von DNA-Aptameren im 

Vergleich zu Antikörpern die Produktion, Haltbarkeit und Wiederverwendbarkeit Aptamer-basierter 

Biosensoren.  

Um die Limitierungen von PSi-Biosensoren zu ermitteln, wurde ein umfangreiches mathematisches 

Modell, das alle Phänomene der Stofftransport- und Reaktionskinetik berücksichtigen, hergeleitet. Die 

Lösung erfolgt numerisch und zeigt, dass es erfolgreich Bindungsraten für ausgewählte Zielmoleküle 

in diesen Biosensoren beschreibt. Das Modell wird verwendet, um den Einfluss von Diffusionsraten zu 

untersuchen. Darüber hinaus kann damit die Abweichung zwischen experimentellen und theoretischen 

Affinitäten zwischen Fängermolekül und Zielprotein erklärt und  verbessert werden. 

Über die Anwendung der Isotachophorese zur „on-chip“ Anreicherung von Proteinen, dem Mischen 

der Zielmoleküle auf dem Biosensor oder die Integration in mikrofluidische Systeme kann die 

Sensitivität 1000-fach erhöht werden. PSi-basierte Biosensoren mit aus Polyacrylat bestehenden 3D-

gedruckte mikrofluidische Systeme werden beschrieben. So wird die empfindliche poröse Nanostruktur 

bewahrt, während diese an die raue Polyacrylat-Oberfläche gebunden ist.  

Abschließend wird ein PSi-basierter Biosensor für die Detektion relevanter Proteine als Krebs-

Biomarker entwickelt und die selektive Detektion in hochkomplexem Pankreassaft präsentiert. Durch 

die Anwendung der oben beschriebenen Methoden wird die Sensitivität des Biosensors in den 

nanomolaren Bereich verbessert. Diese Arbeit ebnet den Weg für die klinische Anwendung von PSi-

basierten Biosensoren und die Überführung in die patientennahe Diagnostik. 

Schlüsselwörter: Optischer Biosensor; Aptamer; Poröses Silizium; Mathematische Modellierung; 

Mikrofluidik; Isotachophorese; Protein.
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Abstract 

Nanostructured porous silicon (PSi) films have been widely studied for the past two decades as optical 

transducers for the detection of various molecules, with advantages of simple fabrication, high internal 

surface, well-established surface chemistry and unique optical properties. Despite these significant 

advantages, the clinical implementation of label-free PSi-based biosensors has been impaired by their 

insufficient sensitivity, usually in the micromolar range for protein and DNA targets. 

In this work, we investigate the limiting factors of PSi-based optical biosensors and design methods for 

their improvement. As a model system, we study PSi Fabry-Pérot thin films and utilize reflective 

interferometric Fourier transform spectroscopy for real-time and label-free detection of different target 

proteins. The selectivity of the biosensors is achieved by functionalization of the porous layer with 

DNA aptamers, as capture probes. We investigate the advantages of these emerging synthetic capture 

probes in comparison to the corresponding gold-standard antibodies. We demonstrate that a similar 

biosensing performance, in terms of dynamic detection range, sensitivity and selectivity, is achieved 

when the respective capture probe is carefully immobilized onto the PSi transducer surface, considering 

orientation and surface density. Nevertheless, the stability and low cost of DNA aptamers in comparison 

to antibodies facilitate the production, shelf-life storage, and potential reusability of these aptamer-

based biosensors. 

To decipher the limiting factors of PSi biosensors, we derive a comprehensive mathematical model, 

which considers all mass transport and reaction kinetics phenomena in these biosensors. We solve the 

model numerically and demonstrate that the model successfully captures target binding rate in these 

biosensors, contrary to the conventional model used in the literature. The model is used to elucidate the 

orders of magnitude deviations between experimental and theoretical affinities between the capture 

probes and the target proteins observed in these biosensors and to develop rule of thumbs for their 

optimization. 

To enhance the performance of PSi-based biosensors, we design methods for mass transfer acceleration. 

These include application of isotachophoresis (ITP) method for on-chip protein concentration, target 

mixing on top of the biosensor or simple microfluidic integration, with up to 1000-fold enhancement in 

sensitivity. To allow flexible study of different microfluidic designs, we integrate for the first time PSi-

based biosensor in 3D-printed polyacrylate microfluidic devices by a simple bonding method and 

demonstrate an improved performance of the 3D-printed microfluidics, compared to the gold-standard 

polydimethylsiloxane (PDMS) polymer used for microfluidic fabrication. 

Finally, we develop a PSi-based biosensor for detection of a relevant protein cancer biomarker and 

present a selective target detection in a highly complex fluid of pancreatic juice. By application of the 

methods described above, we were able to improve the sensitivity of the biosensor to the nanomolar 

range. This work paves the way towards clinical application of PSi-based biosensors and their 

translation to point of care settings. 

Keywords: optical biosensor; aptamer; porous silicon; mathematical modelling; microfluidics; 

isotachophoresis; protein. 
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 תקציר

חיישנים ביולוגיים הינם התקנים אנליטיים המורכבים ממולקולת קולטן ביולוגי, שתפקידה לקשור את מולקולת המטרה, 

ומתמר, שתפקידו להמיר את הקישור לאות מדיד. חיישנים אלו נחקרים רבות כחלופה לשיטות אנליטיות מסורתיות )כגון: 

ELISA ו-PCRסביבה מעבדתית לביצוען וכוח אדם מיומן. בהיבט של אבחון רפואי, דורשות  ,(, אשר אורכות זמן רב, יקרות

לרוב, חיישנים ביולוגיים משמשים לזיהוי וכימות של מולקולות סמן להתפתחות מחלה בדגימות נוזלי גוף. במרבית המקרים, 

שן כדי להגיע לרלוונטיות ועל כן נדרשת רגישות גבוהה מאד של החיי )M 12-10 ריכוזי הסמן בדגימות אלה הינו נמוך מאד )

קלינית. שתי תכונות חשובות נוספות לפעולת החיישן הינן זיהוי מהיר של מולקולת המטרה וסלקטיביות גבוהה. שלושת אתגרים 

אלו הינם העיקריים בפיתוח חיישנים ביולוגיים לשימוש קליני. נדבך חשוב נוסף הינו התאמת החיישן לסביבה שאיננה 

( ולצורך כך רצוי point-of-care settingsלשמש את החולה בביתו או את הרופא ישירות בקליניקה ) מעבדתית, כך שיוכל

 כי החיישן יהיה נייד, זול, ידידותי למשתמש ולא פולשני. כלל תכונות אלה צריכות להנחות את תהליך פיתוח החיישן. 

ופטי בחיישנים ביולוגיים לזיהוי מגוון רחב של סיליקון פורוזיבי נחקר רבות במהלך שני העשורים האחרונים כמתמר א

מולקולות מטרה. המבנה הנקבובי הננומטרי מיוצר בקלות יחסית על ידי תהליכי איכול אלקטרוכימי של גביש סיליקון, ומציע 

ר שינויים בתבנית מגוון רחב של יתרונות, כגון שטח פנים גדול, כימיית פני שטח מגוונת, ותכונות אופטיות ייחודיות. על ידי ניטו

החזרת האור מהסיליקון הפורוזיבי, ניתן לזהות בזמן אמת קישור של מולקולות לפני שטחו, ללא צורך בסימון או עיבוד 

מקדימים של מולקולת המטרה. למרות יתרונות אלה, חיישנים ביולוגיים המבוססים על סיליקון פורוזיבי לא הגיעו לכדי יישום 

בזיהוי חלבונים ודנ"א. מחקרי עבר זקפו זאת למגבלות  M 6-10ת נמוכה יחסית, בתחום ריכוזים של בקליניקה בעקבות רגישו

של מעבר מסה במבנה הננומטרי, ועבודות רבות הציגו שיטות להגברת הרגישות של חיישנים אלה. עם זאת, מרבית השיטות 

 התבססו על זיהוי שאיננו ישיר של מולקולת המטרה.הוסיפו מורכבות למערכת החישה ודרשו סימון של מולקולת המטרה או 

בעבודה זו אנו חוקרים את הגורמים המגבילים חיישנים ביולוגיים אופטיים המבוססים על סיליקון פורוזיבי ומפתחים שיטות 

 לשיפורם. כמערכת מודל, בחרנו להתמקד במבנה הבסיסי ביותר של שכבה דקה של סיליקון פורוזיבי. על מנת להקנות

סלקטיביות למבנה, אנו קושרים בשיטות כימיות מולקולות אפטמר דנ"א בתוך השכבה הפוריזיבית. אלה הן מולקולות חד 

גדיליות של דנ"א, בעלות קיפול תלת ממדי, המאפשר להן לזהות בצורה ספציפית את מולקולות המטרה שלהן. רצפי האפטמר 

ור האפטמר הינו סינתטי לחלוטין. נוסף לכך, גודלם הקטן, מחירם הזול נבחרים בתהליך של סלקציה מחזורית, שלאחריו, ייצ

ויציבותם הכימית, העמידו אותם כחלופה מבטיחה לנוגדנים, המשמשים כיום כקולטנים סטנדרטיים בחיישנים. עם זאת, מחקרים 

ת ולא חד משמעיות לגבי אחרונים שהשוו בין אפטמרים ונוגדנים כקולטנים בחיישנים ביולוגיים הציגו תוצאות מגוונו

יתרונותיהם וחסרונותיהם. על כן, במחקר זה, אנו חוקרים את תפקודם של אפטמרים ונוגדנים כקולטנים בסיליקון פורוזיבי 

לזיהוי של אותו חלבון מטרה, תוך דגש על צורת הקישור של הנוגדן לפני השטח )עם וללא אוריינטציה(. אנו מציגים כי יכולת 

שנים תהיה דומה, מבחינת טווח הריכוזים, הרגישות והסלקטיביות, כל עוד מבוצעת אופטימיזציה של קישור החישה של החיי

הקולטן לפני השטח. עם זאת, יציבות מולקולות האפטמר ומחירן הזול מתבטאים ביתרונות בבניית החיישן, אחסונו ושימוש 

 חוזר בו.

יישנים המבוססים על סיליקון פורוזיבי, פיתחנו מודל מתמטי אשר כדי לבחון את הגורמים המגבילים את רגישותם של הח

מתאר את כל תופעות מעבר המסה וכן את הקינטיקה של הריאקציה בין מולקולות הקולטן ומולקולת המטרה בחיישנים אלה. 

מטרה אל החיישן, אנו פותרים את המודל בשיטות נומריות וממחישים כי המודל מתאר בצורה נכונה את קצב קישור מולקולת ה

לעומת המודל המתמטי המקובל בספרות. אנו משתמשים במודל שפותח כדי להבין את מידת ההשפעה של קצב הדיפוזיה 

בחיישנים פורוזיביים אלה ולהבהיר את מקור ההבדלים של מספר סדרי גודל שנצפו בין האפיניות הניסיונית והתיאורטית בין 
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מסוג זה. בנוסף, בעזרת סימולציות נומריות, אנו ממליצים על מספר כללי אצבע לבניית הקולטן ומולקולת המטרה בחיישנים 

 החיישן, מבחינת תכונות המבנה הננומטרי וצפיפות מולקולת הקולטן על פני השטח של הסיליקון הפורוזיבי.

למשל, יישום של שיטת  על מנת להגביר את ביצועי החיישן, אנו מפתחים שיטות להגברת קצב מעבר המסה בחיישנים אלה.

( לריכוז החלבון בזמן אמת על גבי החיישן מאפשרת הגברת רגישותו עד פי אלף. כמו isotachophoresisאיזוטאכופוריזה )

כן, מוצגת ההשפעה של ערבוב חלבון המטרה על גבי החיישן ואינטגרציה במערכות מיקרוזרימה. על מנת לאפשר גמישות 

ערכות מיקרוזרימה, אנו מציגים לראשונה שילוב של חיישן המבוסס על סיליקון פורוזיבי במחקר של מבנים שונים של מ

תעלות פלסטיק שהודפסו במדפסת תלת ממד. פיתחנו שיטה להדבקה בין השניים, המאפשרת את חיבור פני השטח -במיקרו

אנו מציגים פעילות משופרת של המחוספסים של התעלות המודפסות עם המבנה הננומטרי העדין של הסיליקון הפורוזיבי. 

(, שהינו PDMSסילוקסאן )-מתיל-די-תעלות העשויות מפולי-תעלות המודפסות, לעומת אותו חיישן במיקרו-החיישן במיקרו

 תעלות.-הפולימר הנפוץ ביותר כיום לייצור מיקרו

להתפתחות מחלת הסרטן. החיישן פועל לבסוף, אנו מפתחים חיישן המבוסס על סיליקון פורוזיבי לזיהוי של חלבון המהווה סמן 

בצורה סלקטיבית ומזהה את החלבון בדגימה מורכבת מאד של מיצי לבלב. על ידי שילוב של שיטות הגברת רגישות כפי 

מולר. עבודה זו משפרת את הפוטנציאל של שילוב -שתוארו לעיל, אנו מצליחים להעלות את סף הזיהוי של החיישן לתחום הננו

 סי סיליקון פורוזיבי בקליניקה וכן מקדמת את יישומם בסביבה שאיננה מעבדתית.  חיישנים מבוס

 

 חלבון. ;סמני סרטן ;מיקרוזרימה ;מידול מתמטי ;אפטמר ;סיליקון, חיישן אופטי מילות מפתח:
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1. Preamble 

A biosensor is an analytical device integrating a capture probe molecule with a transduction system, 

which converts specific analyte binding events into a measurable signal 1. Today, biosensors are widely 

researched as an attractive alternative for traditional bioanalytical methods such as enzyme linked 

immunosorbent assay (ELISA) and polymerase chain reaction (PCR), which are laborious, time-

consuming, expensive and confined to a laboratory environment 2, 3. Specifically in medical diagnostics, 

biosensors should detect target biomarker molecules at typically sub-picomolar concentrations in 

extracted body fluids to meet clinical criteria 4. The three benchmarks for a successful clinically-relevant 

biosensor include high sensitivity, fast response time and selectivity, and they should be carefully 

considered while designing the biosensor 5-8. Furthermore, translation to point-of-care (PoC) settings, 

in which the biosensor can be utilized at the patient bedside, is of high demand. Thus, the biosensor 

should be also portable, low-cost, minimally invasive and user friendly 2, 3, 9. 

Surface-based biosensors, in which the capture probes are immobilized on the transducing surface, are 

among the most widespread bioanalytical tools 10-14 and porous silicon (PSi)-based biosensors are an 

example for such. PSi is an inorganic nanostructured material, fabricated by electrochemical etching 

processes from a crystalline Si. It presents advantageous features such as high internal surface, simple 

and low-cost fabrication, well-established surface chemistry, as well as unique and tunable optical 

properties. Specifically, employing reflective interferometric Fourier transform spectroscopy (RIFTS) 

as the transduction mechanism enables real-time and label-free target detection 15-18. In this method, a 

series of Fabry-Pérot interference fringes are produced from incident white light reflections from the 

top and bottom interfaces of a porous thin film and the fringe pattern depends on the thickness and 

averaged refractive index of the porous layer.  

Label-free PSi-based biosensors have been widely studied for more than two decades; however, and 

despite their advantages, their clinical application has been impaired by their low sensitivity, usually in 

the micromolar range for protein and DNA targets 19-25. Mass transfer rate has been implied to limit 

these biosensors and studies have focused on developing assays for enhancing their sensitivity. 

Nevertheless, many of the suggested methods compromised the simplicity of the biosensor, or its label-

free and direct target detection. 

For selective target detection, a capture probe should be immobilized within the porous layer. While 

antibodies are considered the “gold standard”, aptamers have emerged in recent years as a promising 

alternative. These are single stranded oligonucleotides, which fold into a 3D-structure, enabling specific 

target binding. Aptamers are initially selected by a process termed Systematic Evolution of Ligands by 

Exponential Enrichment (SELEX), after which their production is synthetic. This is a great advantage 

compared to antibodies production, as well as the stability, low cost, and small size of aptamers. 

Aptamers integration in PSi biosensors has been demonstrated in 2015 26 showing promising biosensing 
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results, which evoked a great interest. Since then, the potential of different PSi-based aptasensors has 

been increasingly studied and successful detection of various molecules was demonstrated 19, 27-33. Yet, 

antibodies are still considered the first choice for a capture probe and studies comparing aptamer and 

antibody performance in a similar setup have demonstrate variable results in terms of the limitations 

and strengths of each of the capture probes. 

For PoC applications, microfluidic systems and their integration with biosensors are extensively studied 

34, 35. The miniaturization of such systems reduces sample and reagent volume, shortens assay time, and 

enables high-throughput detection, portability, and reduced costs 34, 35. Importantly, microfluidics 

improve the mass transfer to the biosensor surface, resulting in a higher sensitivity compared to 

traditional biosensing setups 36-38. Nowadays, polydimethylsiloxane (PDMS) is the most common 

polymer for fabrication of microfluidic devices. Yet, as it requires a master template for each 

microfluidic design, which is usually fabricated by soft lithography techniques, it challenges the rapid 

prototyping and translation to commercial scale 39, 40. Contrary, 3D printing, which significantly 

advanced in recent years, facilitates rapid and fully digital prototyping of complex microfluidics in a 

one step-process, at lower costs and manufacturing time 40, 41. To date, PSi-based optical biosensors 

have been only integrated with PDMS-based microfluidics, fabricated by soft lithography 23, 30, 42-46. The 

main challenge for the integration of PSi in 3D-printed plastic microfluidics is the rough surface of the 

latter, which needs to be bonded to the delicate nanostructure of the PSi. 

In this work, we study PSi Fabry-Pérot thin film as an optical transducer for detection of various target 

proteins. DNA aptamers are immobilized within the porous layer as capture probes, and their 

performance is directly compared to antibodies for the detection of the same target protein. To decipher 

the limiting factors of label-free PSi-based biosensors, we derive a comprehensive mathematical model, 

which considers all mass transport and reaction kinetics phenomena in these porous biosensors. The 

model is solved numerically and compared to experimental results of several PSi-based biosensors, as 

well as to the common model used in the literature. The model is used to decipher the limiting 

phenomena of these biosensors and derive rule of thumbs for their optimization. We also design 

techniques for sensitivity enhancement of PSi-based biosensors, all based on mass transport 

acceleration. These include application of isotachophoresis for on-chip protein preconcentration and 

target solution mixing on top of the biosensor and microfluidic integration. We also present for the first-

time integration of a PSi biosensor in 3D-printed plastic microfluidics via a simple bonding method. 

Finally, we construct a label-free PSi biosensor for detection of a protein cancer biomarker and 

demonstrate its successful performance in a highly complex medium of pancreatic juice. 
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2. Literature Survey 

2.1 Lab-on-a-Chip Devices for Medical Diagnostic Applications 

The following section is reproduced from the following book chapter: Sofia Arshavsky-Graham and 

Ester Segal. “Lab-on-a-Chip Devices for Point-of-Care Medical Diagnostics”. In: Advances in 

Biochemical Engineering/Biotechnology, Springer, Berlin, Heidelberg (2020). 

Respective table of contents image 

Abstract 

The recent coronavirus (COVID-19) pandemic has underscored the need to move from traditional lab-

centralized diagnostics to point-of-care (PoC) settings. Lab-on-a-chip (LoC) platforms facilitate the 

translation to PoC settings via the miniaturization, portability, integration, and automation of multiple 

assay functions onto a single chip. For this purpose, paper-based assays and microfluidic platforms are 

currently being extensively studied, and much focus is being directed towards simplifying their design, 

while simultaneously improving multiplexing and automation capabilities. Signal amplification 

strategies are being applied to improve the performance of assays, with respect to both sensitivity and 

selectivity, while smartphones are being integrated to expand the analytical power of the technology 

and promote its accessibility. In this chapter, we review the main technologies in the field of LoC 

platforms for PoC medical diagnostics, and survey recent approaches for improving these assays.  

Introduction 

Over the years, medical diagnostics has been shifting away from imaging and invasive tissue sampling 

towards far less invasive tests that detect disease biomarkers in extracted body fluids. Such biomarkers 

may include small metabolites, nucleic acids, proteins, and cells 2, 47. Today, most assays for biomarkers 

https://link.springer.com/chapter/10.1007/10_2020_127
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detection are mainly performed at centralized labs, requiring trained personnel for operation of complex 

bench-top analyzers, with a correspondingly long time-to-result period. The latter consideration is 

critical with respect to many medical conditions, for which time is frequently of the essence 48. In 

addition, at low resource environments, such analyzers are necessarily limited due to their high costs 

and the need for skilled operators. As a result, significant efforts are now being directed towards 

development of point-of-care (PoC) tests which can be operated at the patient sites by non-trained 

personnel 47, 49-52. Such tests should provide accurate, sensitive, and specific results in a rapid manner 

(with an optimal time-to-result in the range of a few seconds to few hours) at relatively low cost. The 

ideal vision for such a test would be an independent and self-sustainable operation, that allows a non-

trained operator to load a sample of extracted body fluid (e.g., blood, urine, saliva, sweat, etc.) into the 

instrument and obtain informative results, with minimal user intervention (i.e., sample in-result out). 

Fully integrated Lab-on-a-chip (LoC) technologies, which incorporate all related analysis steps 

(including sample loading and preparation) in a single device stand to significantly advance PoC 

medical diagnostics 47, 50, 53-58.   

In this chapter, we provide an overview of the primary technologies in the field of PoC medical 

diagnostics. These include paper-based assays and microfluidics; magnetic-assisted detection; 

centrifugal microfluidics; and smartphone-based detection. We will highlight the main concepts and 

directions in each technology, provide several relevant examples from the past three years, discuss the 

main challenges in the field, and conclude by offering a future-oriented perspective. 

From Paper-Based Assays to Microfluidic Chips  

Lateral flow assays are widely used for PoC diagnostics. In these assays, a liquid sample containing the 

target analyte moves (via capillary forces) through various zones of polymeric strips, on which capture 

probes that can interact with the analyte are immobilized, see Figure 2.1.1 59, 60. One of the most common 

lateral flow assays is the commercial pregnancy test for detecting human chorionic gonadotropin in 

urine, in which a sandwich-based immunoassay is performed, and detection of the target protein is 

realized via a color change, which can be observed with the naked eye 61-64. The main advantages of 

lateral flow assays are their simplicity, ease of use, extended shelf life and low-cost. However, lateral 

flow assays require numerous reagents and relatively large volumes of sample, and both multiplexing 

as well as the control of the flow rate pose challenges 61-64.  

Microfluidic technology has been applied to address these limitations by enabling precise control of the 

flow by different microchannel geometries 64, 65. Capillary-driven microfluidic chips have been used for 

PoC diagnostics of various analytes 62, 66-69. For example, the commercially available Triage system, 

which is comprised of a portable analyzing instrument and a disposable chip, aims to diagnose a wide 

variety of health conditions 70, 71. Like the lateral flow immunoassay, a biological sample is loaded onto 

this chip, and the target antigen is first bound to labeled antibodies. The bound conjugates then pass 

through the detection zone, where they are captured by pre-immobilized antibodies. The cartridge is 
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fabricated from polymer microfluidic channels, which result in lower batch-to-batch variability when 

compared to traditional lateral flow immunoassays. The capillary flow is passively controlled by the 

microstructure and surface characteristics, which increase the incubation time of the target with the 

detection zone in a controllable manner without the need for active pumps and valves. Thus, for a 

relatively low cost, a simple and rapid (~15 min) detection platform is realized. Multiplexed biomarker 

detection from whole blood was achieved by the Lateral Flow Integrated Blood Barcode Chip 72. This 

microfluidic chip, fabricated from a hydrophilic polymer bonded to a glass slide, includes an array of 

immobilized antibodies that are specific for a variety of protein biomarkers. A few microliters of whole 

blood with an anticoagulant are loaded onto the chip, and a filter paper is then used to draw the sample 

and other loaded reagents through the chip via an action of capillary forces. Separation of blood cells 

from the plasma is achieved by inertial force. A wash buffer is used to reduce background noise by 

removing an unbound label. Each step in the assay is automatically and sequentially executed, and the 

whole assay is performed within the span of just 40 minutes. To further automate the system, a self-

coalescence module can also be integrated in a microfluidic chip, for the controlled reconstitution and 

delivery of inkjet-spotted and dried reagents. Well-defined reagent concentration profiles are 

established based on their initial spotting pattern 73. This was applied in a silicon-based microfluidic 

chip for detection of a cardiac biomarker (troponin I) in human serum via a sandwich fluorescence 

immunoassay 61. Figure 2.1.2A illustrates the platform, where a loading pad receives a sample, which 

is drawn by capillary forces to a self-coalescence module. The latter contains dried detection antibodies, 

which are reconstituted by a defined volume of the sample. That mixture then passes to a bead lane with 

capture antibodies, which selectively bind with the target-detection antibody complexes from the 

sample. The flow of the samples in the chip is controlled by a capillary pump. The design and image of 

the silicon microfluidic chip itself is presented in Figure 2.1.2B and 2.1.2C. The assay requires 1 µL of 

sample, performed within 25 min and a limit of detection of 4 ng mL-1 is realized. 

Figure 2.1.1. Schematic illustration of a typical lateral flow assay strip. Few microliters of the sample 

are loaded to the sample pad, and drawn to the probe pad, via capillary forces. The target is bound by 

labeled detection probes and transferred to the detection membrane and captured on a line of 

immobilized capture probes. Reprinted from ref. 63. (Anfossi L. et al. Multiplex Lateral Flow 

Immunoassay: An Overview of Strategies towards High-throughput Point-of-Need Testing. Biosensors. 

2018;9(1):2). 
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Figure 2.1.2. (A) General concept of a lateral flow assay-based microfluidic chip, which integrates a 

self-coalescence module, containing dried inkjet-spotted detection antibodies. The flow of the sample 

is driven by a capillary pump. (B) The design of the corresponding microfluidic chip and (C) optical 

microscopy image of the fabricated Si microfluidic chip. Reprinted with permission from ref. 61. 

(Hemmig E. et al. Transposing Lateral Flow Immunoassays to Capillary-Driven Microfluidics Using 

Self-Coalescence Modules and Capillary-Assembled Receptor Carriers. Analytical Chemistry. 

2020;92(1):940-6). Copyright (2020) American Chemical Society. 

An additional strategy for achieving reagent storage in paper-based microfluidic assays is seen in the 

use of a three-dimensional (3D) folding of a paper substrate with an origami-based technique. Different 

layers and dried reagents can be stacked vertically, and the addition of a buffer solution results in 

reconstitution via a controlled multi-step process. Parallel tests can be performed using a multilayer 

fluidic network in a compact device 63, 74. Recently, 3D-origami-based paper device was used for 

detection of a biomarker for Staphylococcus aureus infection within human synovial fluid by an ELISA-

based immunoassay 75. That platform consisted of a sliding strip and antibody storage functions on a 

single sheet of paper, as shown in Figure 2.1.3A. The sliding strip acted as a valve to control the serial 

steps of sample addition, interaction, washing and detection. The sequential flow was carried out by 

sliding the tab to different positions (see Figure 2.1.3B). Only 3 µL of sample are required, and this 

procedure can be completed within 7 min. Nevertheless, the manual addition of buffers is still required 

during this procedure. 
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Figure 2.1.3. 3D-origami-based paper device used for detection of a protein A in human synovial fluid: 

(A) Illustration of the preparation of the platform, by an origami folding. The detection antibodies are 

impregnated in cellulose, while capture antibodies are covalently immobilized in the detection pad. (B) 

The testing procedure, where the sliding tab is used to control the flow and the serial step execution of 

the assay. Reproduced from Ref. 75 (Chen C. A et al. Three-dimensional origami paper-based device 

for portable immunoassay applications. Lab on a Chip. 2019;19(4):598-607) with permission from The 

Royal Society of Chemistry.  

Sensitivity enhancement of lateral flow assays has frequently been achieved by incorporating various 

nanomaterials, such as gold or silver nanoparticles, magnetic nanoparticles, and quantum dots into the 

system 64, 76, 77. An alternate strategy is the use of external fields (i.e., acoustic, thermal, electric, etc.). 

Electrophoretic methods, such as ion concentration polarization and isotachophoresis, have also been 

applied to facilitate separation and concentration within microfluidic devices. In isotachophoresis, ionic 

species can be focused, based on their electrophoretic mobility, using a discontinues buffer system. The 

method enables simultaneous extraction, separation and concentration of the target species 78. This 

method was recently applied for multiplexed detection of two cardiac biomarkers in human serum 79. 

The platform is comprised of a lateral flow paper assembled on a 3D-printed cartridge for buffer 

reservoirs and electrode connection. The two protein targets are fluorescently labeled and detected by 

immobilized antibodies on the paper strip. The assay time is 6 min and results in ~1300-fold enrichment 

of the proteins. Label-free detection with isotachophoresis in a microfluidic assay was demonstrated 

with porous silicon-based optical biosensors, where the reflectivity changes of the latter upon target 

binding are monitored in real-time, with no need for target labeling. This was shown for DNA and 

protein targets with up to 1000-fold enhancement in sensitivity 30, 42. Nevertheless, application of an 
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external field does require peripheral equipment, which both increases the cost and complicates the 

setup of the system. 

Magnetic-Assisted Platforms 

Magnetic nano- and micro-particles are used in LoC devices for fluid manipulation. In many cases, the 

particles in the fluid are actuated by applying magnetic field to induce the mixing (which is often limited 

in microfluidic devices due to laminar flow) 80-84. Moreover, the particles can be also used as carriers 

and labels to facilitate both transfer and separation of biomolecules 80-84. Magnetic particles are 

commonly controlled by electro-magnets, coils or permanent magnets, all of which induce an external 

magnetic field, and often form supramolecular structures in the form of microcolumns due to dipole-

dipole interactions 85, 86. For example, bio-conjugated magnetic nanochains have been used on a 

microchip as stir bars to promote liquid mixing, and as capture agents for bio-separation (see Figure 

2.1.4) 87. A simple planar design of a microchip is realized based on flat channels on PDMS-on-glass, 

and free of built-in components. The magnetic nanochains are biofunctionalized with target specific 

antibodies and surface-enhanced Raman spectroscopy (SERS)-encoded nanoprobes are used as 

signaling probes for multiplexed Raman spectroscopic detection. A small amount (~1 µL) of sample 

fluid is mixed with both components, and the fluid flow and mixing are thereafter controlled via an 

external spinning magnetic field. Multiplexed detection of three cancer biomarkers in clinical serum 

and two bacterial species in saliva samples have been demonstrated in just 8 min 87. 

 

Figure 2.1.4. Bio-conjugated magnetic nanochains on a microchip as rapid active liquid mixers and 

capture agents for bio-separation: (A) schematic illustration of the assay platform; (B) photographs of 

the platforms in a single or multi-channel format (scale bar: 0.5 cm) and (C) the detection assay: the 

sample, antibody-conjugated magnetic nanochains and surface-enhanced Raman 

spectroscopy  (SERS)-encoded probes are mixed in the reaction chamber. Immune complexes are 

formed and isolated to the detection chambers, which is then subjected to Raman spectroscopic 

detection. Reprinted from ref. 87 (Xiong Q. et al. Magnetic nanochain integrated microfluidic biochips. 

Nature Communications. 2018;9(1):1743). Copyright © 2018, Springer Nature. 
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Magnetic particles have been also used to automate processes in sandwich immunoassays, including 

the reaction and washing steps 88. A sample is mixed with gold coated iron oxide nanoparticles that 

have been functionalized with detection antibodies. The antibody-antigen reaction then forms 

immunocomplexes, which are electrochemically detected. The reaction and subsequent removal of 

unbound probes are controlled and accelerated by an external magnetic field. Thus, a simplified 

platform is obtained, without the need for fluid manipulation components and pre-stored washing 

buffer. Detection of a prostate specific antigen in 10 µL of human serum is demonstrated with a limit 

of detection of 0.085 ng mL-1 within 5 min 88. A similar concept was used for developing a PoC 

multiplexed diagnostic test for differential detection of Ebola, Lassa, and malaria biomarkers in whole 

blood samples within 30 minutes 89. Detection antibodies for the target antigens are conjugated to 

specific SERS nanotags and magnetic nanoparticles, which are stored dried in a test tube, providing a 

single-use and temperature stable platform that is ideal for field application. A whole blood sample (45 

µL) and a lysis buffer are added to rehydrate the dried reagents. After a mixing step, the magnetic 

microparticles-antigen-SERS nanotag complexes are separated with an external magnet, and  an 

external laser is used for SERS signal monitoring 89. Magnetic particles have been also used for signal 

amplification in lateral flow immunoassay strips for human chorionic gonadotropin detection 90, 91. For 

example, Pt-decorated magnetic core-shell nanoparticles, functionalized with detection antibodies, have 

been successfully deployed for this function 90. These particles have both magnetic and enzyme-like 

Figure 2.1.5. Magnetic particles for signal amplification in lateral flow immunoassay (LFIA) for 

human chorionic gonadotropin detection. The particles have both magnetic and enzyme-like 

properties, enabling target analyte magnetic enrichment and signal amplification. Reprinted with 

permission from ref. 93. (Kim M. S. et al. Pt-Decorated Magnetic Nanozymes for Facile and Sensitive 

Point-of-Care Bioassay. ACS Applied Materials & Interfaces. 2017;9(40):35133-40). Copyright 

(2020) American Chemical Society. 
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properties, enabling target analyte magnetic enrichment and signal amplification by a peroxidase-like 

reaction mediated by the particles (see Figure 2.1.5). The sensitivity is increased by two orders of 

magnitude when compared to a conventional lateral flow immunoassay 90.  

In terms of nucleic acid analysis, magnetic particles are utilized for extraction, purification, 

amplification, and detection 92-94. For nucleic acid amplification, isothermal methods are preferable for 

PoC testing, since they avoid the required thermal cycling in PCR 95-97. One such method is so called 

rolling circle amplification 98: DNA or RNA target is annealed and ligated to a padlock probe, forming 

a circular template. The probe is highly sensitive to single base mutations, which result in high 

specificity 99. Amplification reaction then proceeds via a phi29 polymerase, which creates a long single 

stranded DNA concatemer containing repeated copies of the sequence complementary to the padlock 

probe 98. Although this is a highly efficient isothermal method, the multiple steps in the assays and the 

different required reagents make the integration of this method onto a single chip platform a challenging 

project. Magnetic particles can in turn facilitate the automation of the multi-step assay 85, 100, 101. For 

instance, a magnetic fluidized bed was recently integrated in a simple microfluidic chamber, generating 

a constant hydrodynamic recirculation in a continuous flow and thereby enabling efficient liquid 

perfusion and mixing 85. The magnetic particles are functionalized with an oligonucleotide for the 

capture of the target DNA. A complete rolling circle amplification assay is performed on chip, with 

detection carried out in a low-cost polymer-based microarray module by fluorescence microscopy. The 

platform enables processing of large sample volumes, and a limit of detection of 1 pM is obtained 85. A 

similar concept is presented in a multi-chamber polymer-based microfluidic chip, which integrates 

DNA target capture, transport and an rolling circle amplification assay, using magnetic microbeads 100. 

The platform requires the manual loading of reagents, after which the assay run automatically in a 

sequential chamber filling by capillary stop valves and phase guide structures. Opto-magnetic detection 

of a synthetic DNA target for type-B influenza virus is realized in 45 min, with a limit of detection of 

20 pM 100. 

Centrifugal Microfluidic Platforms 

Multiplexed LoC detection can also be achieved by centrifugal microfluidics, which have been applied 

for detection of a wide range of analytes and have been thoroughly reviewed in the past 102-105. The 

technology is based on a “Lab-on-a-CD” concept, wherein the complete fluidic network and the analysis 

steps are all embedded onto a single disk. The fluidic processing steps, including separation and reagent 

mixing, are then automated by implementing different spinning profiles. Integration of multiple assays 

in a single platform can thereby be achieved. The main advantage of these systems is their simple 

method of fluid manipulation, which is achieved by a rotary motor without the need for external pumps 

or high-voltage power supply. The disk can also be synthesized from low cost polymers, which facilitate 

both mass-production and economical disposal. The Lab-on-a-CD technology has been successfully 

utilized for PoC diagnostics by several commercial companies. For example, Piccolo Xpress by Abaxis 
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Inc., USA, 106 offers a variety of CD-based blood chemistry analyzers with up to 14 tests on a single 

disc. The platform requires only 0.1 mL of a blood sample, and results are obtained within 12 min. 

Recently, the centrifugal microfluidic technology was also applied for a low volume blood analysis, 

using only 12 µL of blood from a finger prick, for automatic monitoring of blood glucose, total 

cholesterol and triglycerides within ~15 min (see Figure 2.1.6A and 2.1.6B). Plasma separation, mixing, 

reaction, and detection are fully automated with a portable analyzer (Figure 2.1.6C), which shows great 

potential for blood monitoring at home 107. 

 

Figure 2.1.6. (A) The design of the centrifugal microfluidic finger-prick blood biochemical analyzer; 

(B) exploded view of the chip, presenting an upper adhesive tape and bottom polycarbonate layer; (C) 

the portable biochemical analyzer. Reprinted with permission from ref. 107. (Zhu Y. et al. Self-served 

and fully automated biochemical detection of finger-prick blood at home using a portable microfluidic 

analyzer. Sensors and Actuators B: Chemical. 2020;303:127235). Copyright © 2019 Elsevier B.V. 

Centrifugal microfluidics is especially advantageous for nucleic acid detection, which requires lengthy 

and laborious sample pre-processing steps, such as cell lysis, DNA purification, and amplification 108, 

109. Using this approach, all these steps can be integrated into a single disk and performed automatically 

and sequentially. For example, a centrifugal microfluidic device was integrated with a 3D-printed 

solution-loading cartridge for multiplex foodborne pathogen detection, as illustrated in Figure 2.1.7A. 

The solution loading cartridge pre-stores all required solutions for molecular diagnostics, and connects 

with the reservoirs on the centrifugal device, minimizing manual processing (Figure 2.1.7B). Sequential 

loading of the solutions to the device is achieved by controlling the rotational speed, and silica bead-

assisted DNA extraction, isothermal DNA amplification, and colorimetric detection by Eriochrome 

Black T are then carried out. The platform enables detection of four kinds of foodborne pathogens in a 

real milk sample within 65 min and with a limit of detection of 103 cells per mL (see Figure 2.1.7C) 110. 

Another technology which enables integration of DNA processing is double rotation axes centrifugal 
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microfluidics, in which the disc can rotate around two rotation shafts, thus avoiding limiting the fluid 

flow 111, 112. This technology has allowed for a completely automated sample-to-result analysis of 

Hepatitis B virus in whole blood 113. The disc comprises all process chains for the virus DNA detection, 

including plasma separation from whole blood, lysis, DNA purification and amplification. The double 

rotation axes centrifugal microfluidics allows for unconstrained and reversible fluid pumping, as well 

as an efficient spatial utilization of the disc. All reagents are prestored on the disc, and their introduction 

is controlled by melting ferrowax plugs in the channels with laser irradiation. The only manual step in 

the assay is the supply of 0.5 mL of a whole blood sample, while the time-to-result is 48 min, with a 

limit of detection of 102 copies per mL 113. 

 

Figure 2.1.7. (A) Design of the centrifugal microfluidics device for multiplex foodborne pathogen 

detection; (B) A real photograph of the microdevice with the solution loading and reagent storage 

cartridge; (C) Multiplexed colorimetric detection of four different pathogens in milk sample in 

comparison to a negative control of pure milk. Reproduced from Ref. 110 (Oh S.J. and Seo T.S. 

Combination of a centrifugal microfluidic device with a solution-loading cartridge for fully automatic 

molecular diagnostics. Analyst. 2019;144(19):5766-74) with permission from The Royal Society of 

Chemistry. 

Smartphone-Based Detection 

The high availability of smartphones worldwide, as well as their sophisticated technological features, 

such as high quality cameras, connectivity and computational power, have increasingly led to their 

integration into a wide range of analytical sensing systems 114-121. Detection via smartphone is 

commonly based on various forms of optical measurements, including brightfield, colorimetric, 
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luminescence and/or fluorescence 114, 115. The high resolution of the embedded Complementary Metal 

Oxide Semiconductor image sensor cameras enable high pixel density for optical monitoring, while the 

high computational power facilitates real time image analysis 119. Because smartphone-based PoC 

platforms have been extensively reviewed in the past few years 114-122, in this section we only briefly 

survey the main aspects of smartphone-based detection with a few examples from recent years. 

Brightfield-based detection is the simplest method, where a sample is illuminated from below with 

white light and then the transmitted light is measured 115. Imaging of living cells or large biomolecules 

can be achieved in this way 123, 124. Colorimetric-based detection is also relatively simple, requiring only 

illumination and image processing. This has been commonly used in connection with paper-based 

assays to achieve quantitative results. For example, a custom-built smartphone application was used to 

quantitate a PoC lateral flow assay for detection of Ebola virus-specific antibodies in clinical human 

serum samples. This low-cost platform requires only the test strip and a smartphone, and results are 

obtained within 15 min 125. Smartphone colorimetric detection of lactate dehydrogenase as a biomarker 

for cellular damage for early diagnosis of serious illness in neonates was also recently shown, as 

illustrated in Figure 2.1.8 126. The PoC platform consists of a plastic cartridge holding disposable filter 

papers for whole blood filtration, plasma separation, and colorimetric reaction. The cartridge is mounted 

in a box (Fig. 2.1.8B), which also holds the smartphone at a fixed distance for automatic imaging. A 

dedicated application is used for analyzing the RGB values of the acquired images and comparable 

results to standard laboratory analysis are obtained in only 4 min 126. Colorimetric-based detection using 

a multichannel smartphone spectrometer as an optical biosensor was recently used to detect protein 

Figure 2.1.8. (A) Schematics of a PoC lateral flow assay system for analysis of lactate 

dehydrogenase (LDH) in whole blood, consisting of a plastic cartridge holding filter papers. Scale 

bar: 0.4 cm. (B) The cartridge is placed on a designated slot inside a box; the latter keeps a fix 

distance between the phone camera and the cartridge for the imaging, while ensuring similar light 

conditions between different batches. An App is used to guide the user in the assay and analyze the 

results. Reprinted from ref. 128. (Halvorsen C.P., et al. A rapid smartphone-based lactate 

dehydrogenase test for neonatal diagnostics at the point of care. Scientific Reports. 2019;9(1):9301). 

Copyright © 2019, Springer Nature. 
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content and a cancer biomarker within human serum  127. Images captured by the phone camera were 

converted to transmission and absorbance spectra in the visible light range with high resolution, and the 

performance of the setup was comparable to benchtop instruments.  

To increase the sensitivity of the assay, fluorescence-based detection is also frequently employed. For 

such systems, an optomechanical modulus containing excitation and/or emission filter and laser diodes 

for excitation is required 119. For example, a compact multimodal microscope was integrated on a 

smartphone for targeted DNA sequencing and in situ point mutation analysis in tumor samples 128. A 

3D-printed light-weight optomechanical modulus integrated on the smartphone, and contains two laser 

diodes for multicolor fluorescence imaging, as well as a white light-emitting diode (LED) for bright-

field transmission imaging. DNA sequencing and point mutation analysis are achieved via rolling circle 

amplification, and the results are comparable to regular benchtop microscopes. Such technology is 

applicable for genotyping cancer patient biopsies directly in the pathologist office at PoC. Similar 

concept was shown for multiplexed detection of Zika, chikungunya and dengue viruses (belonging to 

the Flaviviridae family) directly in human blood, saliva and urine samples (see Figure 2.1.9) 129. The 

platform is comprised of three components: a heating module, a reaction module, and an optical-

detection and image analysis module. The latter contains multicolored LED coupled with a multi-pass 

band filter for fluorescence measurement. The entire platform is fitted with a smartphone, and the 

camera is utilized for the imaging. A dedicated application is used for fluorescence signal analysis by a 

novel algorithm, improving the discrimination between positive and negative signals by 5-fold, 

compared to a naked eye. Target virus RNAs are detected by reverse-transcription loop-mediated 

isothermal amplification coupled with quenching of unincorporated amplification signal reporters. 

Recently, microfluidic-based immunoassay based on a smartphone fluorescence detection, was used to 

conduct troponin I analysis in human serum in clinically relevant concentrations within 12 min 130. 

Although fluorescence-based detection improves the sensitivity of the assay, it also requires the addition 

of complex and costly optical components to the system. Time-gated photoluminescence-based 

detection may offer one economical alternative. This concept is demonstrated for human chorionic 

gonadotropin quantification in a lateral flow assay with a persistent luminescent phosphor reporter 131. 

A smartphone’s flash is used to excite the nanophosphors, which are then imaged using the smartphone 

camera. A 10 to 100-fold enhancement in sensitivity is achieved compared to commercial lateral flow 

assays, without the need for any additional complex optical components. 
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Figure 2.1.9. (A) Schematic illustration of the smartphone-based fluorescence detection of Zika, 

chikungunya and dengue virus’s RNA platform, based on reverse-transcription loop-mediated 

isothermal amplification assay. The system comprises isothermal heating unit with reaction tubes, LED 

excitation source and Bluetooth microcontroller. (B) An App is used to wirelessly actuate the isothermal 

heater and excitation source. The smartphone camera with an emission filter captures the images, 

analyzed subsequently by the app. (C) Duplex detection of Zika and chikungunya viruses. The images 

are mapped over predefined fluorophore emission islands to distinguish between different viral target. 

Adapted with changes from ref. 129. (Priye A. et al. A smartphone-based diagnostic platform for rapid 

detection of Zika, chikungunya, and dengue viruses. Scientific Reports. 2017;7(1):44778). Copyright © 

2017, Springer Nature. 

Conclusions and Outlook 

Significant research efforts have already been directed towards the development of simple and low-cost 

devices for LoC-based medical diagnostics at PoC. Nevertheless, commercialization of such 

technologies remains limited, and the following aspects must be considered: 

- Real PoC application, in terms of sample in-results out, requires the integration and automation of 

all assay steps. Yet most of the assays still require extensive user intervention, mainly in terms of 

sample preparation and/or reagent addition. For certain applications, this bottleneck can perhaps be 

solved by the integration of reagent moduli, where possible, simple reagent storage on the chip.  

- The need to improve the sensitivity, selectivity, and stability of the sensing moduli is increasingly 

leading researches to explore robust recognition elements, such as aptamers, antibody fragments 

and molecular imprinted polymers. Various nanomaterials are also being incorporated for signal 

amplification and to improve the total assay performance.  

- Scalability is an essential requirement for commercialization, and it continues to pose profound 

challenges for complex microfluidic structures. As a result, scalability considerations must direct 

the materials, design, and fabrication methods that are employed for such devices. For example, 

PDMS, which is commonly used for microfluidic fabrication in the academy, is not suitable for 

mass production, since it is fabricated mostly via soft lithography techniques. As a result, gold-

standard paper-based assays continue to rule the field of PoC diagnostics, by dint of the fact that 
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they can be mass produced at a very low cost. Advancements in 3D-printed technology will likely 

begin to close that gap in the near future, at least with respect to plastic-based microfluidics. 

- Smartphone technology has expanded the analytical power and increased accessibility of many 

platforms. But hygiene considerations, including contamination and disposal issues, must be 

carefully considered if smartphones will be deployed.  

- Because multiplexing for the simultaneous detection of several biomarkers is extremely valuable 

in the context of medical diagnostics, the authors anticipate that research efforts in this direction 

will continue to increase exponentially.   

- Clinical validation of all platforms is required. Many of the published works utilize human 

biological samples spiked with the analyte; although this is sufficient for a proof-of-concept, real 

clinical samples from different patients should always be tested to validate the platform’s design 

integrity.   

- Finally, the social impact of this emerging technology, as well as corresponding regulatory policies 

and concerns, should be considered when designing an assay, to facilitate (or at least preserve) the 

commercialization potential. 
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2.2 Porous Silicon-Based Biosensors  

The following section is reproduced in part from the following manuscript: Sofia Arshavsky Graham, 

Naama Massad-Ivanir, Ester Segal, Sharon Weiss. “Porous Silicon-Based Photonic Biosensors: Status 

and Emerging Applications”. Analytical Chemistry, 91(1), 441-467 (2020). 

 

Respective Table of Contents Image 

 

Introduction  

Since its first demonstration as a promising material for molecular detection two decades ago, porous 

silicon (PSi) has become a commercially viable optical biosensor platform attracting sustained research 

interest. Progress in both fundamental understanding and diverse application areas has occurred. In 

particular, new approaches for biosensor design, new implementations of PSi as a host matrix for 

synergistic materials that enable alternate biosensor readout approaches and signal enhancement, new 

methods to reliably achieve higher detection sensitivity, and new emphases on detection of molecules 

in complex media, integration with microfluidics for sample handling, and multiplexed detection 

capabilities have been reported. In all cases, the extremely high internal surface area of PSi, the ease in 

modifying the surface chemistry of PSi, and the straightforward fabrication of PSi films are key 

advantages for PSi biosensors. This review focuses on advances in PSi optical biosensors achieved over 

the past three years. 

In general, optical biosensors detect the presence of molecules based on utilization of light to monitor 

changes in absorption, reflection, transmission, or emission, and they are well-suited to provide a highly 

scalable solution for molecular detection applications with a need for simple readout, versatility in the 

https://pubs.acs.org/doi/10.1021/acs.analchem.8b05028
https://pubs.acs.org/doi/10.1021/acs.analchem.8b05028
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types of molecules to be detected, and relatively rapid results. One of the largest growth areas for the 

biosensor market, which is anticipated to reach $27.06 billion by 2022 132, is in the point-of-care (PoC) 

diagnostics field 133, 134 that provides technology solutions that are alternatives to the expensive, time-

consuming, bulky, and lab-confined traditional analytical methods of carrying out molecular detection. 

The primary classes of optical biosensors include surface plasmon resonance biosensors 135, 136, 

evanescent-wave biosensors including fiber optics and planar waveguide technology 14, 137-139, 

interferometric biosensors 140, and localized surface plasmon resonance (LSPR) biosensors including 

those based on surface enhanced Raman scattering (SERS) 141, 142. The primary applications areas for 

optical biosensors include healthcare, environmental monitoring, and food safety. As discussed in this 

review, PSi optical biosensors offer the possibility to leverage their high internal surface area to enable 

high sensitivity detection based on interference, guided waves, or SERS, and their versatility enables 

utilization across nearly all application areas. Moreover, recent progress in PSi optical biosensors is 

pushing the technology closer to implementation as a PoC diagnostic tool. 

PSi is best described as a nanostructured material comprising air-filled pores of diameter typically 

smaller than 150 nm in a silicon matrix. PSi is most often fabricated by electrochemical etching 

techniques from Si substrates, and is widely studied for applications in the fields of optoelectronics 143, 

sensors and biosensors 144, 145, drug delivery 146, cell culture 147, 148 and tissue engineering 148, 149. PSi was 

accidently discovered in 1956 by Arthur and Ingeborg Uhlir during electropolishing experiments, but 

it was only reported as a technical note without significant attention 150. Only after Canham's discovery 

in 1990 that PSi exhibits strong and visible photoluminescence (PL) at room temperature 151 did the 

material gain interest and stimulate intensive research in the field of photonics. The next breakthrough 

occurred in 1997 when Sailor and co-workers demonstrated label-free detection of an oligonucleotide 

target using a simple PSi Fabry-Pérot interferometer 15. This result stimulated the study of PSi for 

biosensing applications in a multitude of fields.  

PSi presents unique and tunable photonic properties allowing for label-free biosensing, and its 

fabrication process is relatively simple and cost effective. Its structure and accordingly its optical 

features can be tuned by the electrochemical etching process parameters to create different 

nanostructures or nanostructure morphologies. Importantly, PSi has high internal surface (up to 

800 m-2 g-1), resulting in a large area for hosting biological molecules and interactions. This surface is 

reactive and can be easily functionalized with chemical and biological molecules by well-established 

surface chemistries. These features designate PSi as a superior alternative to other planar photonic 

biosensors for many applications. 

Herein, recent progress in PSi-based optical biosensors will be discussed. In the next sections, 

advancements in structure and chemistry features of PSi will be presented, followed by exploring the 

sensitivity of different classes of PSi-based optical biosensors and different strategies to improve their 

sensitivity. Finally, detection in real samples and PoC translation will be evaluated. 
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New Approaches for Photonic Biosensor Design 

Structures and Transducing Mechanisms 

While all PSi optical biosensors detect the presence of an analyte based on changes in the optical 

properties of the PSi film (or species embedded within the porous matrix), the particular optical property 

measured and the design of the PSi optical structure can be highly varied. Here, we briefly review the 

main types of PSi structures utilized as optical biosensors and the characteristic transducing 

mechanisms for each structure. Figure 2.2.1 presents schematics of the most common PSi optical 

biosensor platforms and their corresponding optical spectra.   

The simplest geometry, the single-layer PSi interferometer, has received the most attention over the 

past two decades. Light reflecting off the top and bottom interfaces of the PSi film interfere, giving rise 

to characteristic Fabry–Pérot fringes in reflection, as shown in Figure 2.2.1(a). Constructive interference 

leading to reflection peaks occur when the condition indicated in Eq. 2.2.1 is satisfied.  

2𝑛𝐿

cos 𝜃
= 𝑚𝜆0    (Single layer interferometer)  2.2.1 

where n is the refractive index of the PSi film, L is the physical thickness of the porous layer, θ is the 

angle of incident light, m is an integer, and λ0 is the vacuum wavelength of light. 

The PSi formation conditions can be tuned to achieve the desired effective optical thickness (i.e., nL) 

by adjusting both the porosity, which is directly related to the refractive index through the appropriate 

effective medium approximation, and the physical thickness of the porous film. The interference fringes 

become closer together as the PSi effective optical thickness (EOT) increases. When molecules infiltrate 

the single-layer PSi film, the EOT of the film changes, resulting in a shift in the spectral position of the 

fringes that is proportional to the magnitude of the refractive index change caused by the molecules. 

Typically, the fringes shift to higher wavelength when species infiltrate the pores, except for the case 

of metal nanoparticles which are characterized by refractive index value lower than 1 152. For large 

changes in the EOT of the film that cause the reflection spectrum to shift by more than the width of a 

single fringe, it becomes challenging to determine by how much the spectrum has shifted. In these cases, 

it is common to analyze the Fourier transform of the reflectance spectrum, which yields a single-peaked 

curve for which the peak position corresponds to twice the EOT of the PSi film. Details regarding this 

method, referred to as reflective interferometric Fourier transform spectroscopy (RIFTS) can be found 

in Pacholski et al. 18. We note that double-layer PSi films have also been employed for sensing 

applications and, for these structures, RIFTS enables independent tracking of refractive index changes 

in each of the two PSi film layers 17, 18. Recently, an alternate data analysis technique based on signal 

processing was shown to facilitate significant improvements in the achievable detection limit of PSi 

single layer interferometric biosensors 19, 20, 25, as discussed in Section “Sensitivity and Signal 

Enhancement Methods”. 
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Multilayer PSi films, including Bragg mirrors, microcavities, and rugate filters, whose optical properties 

are similarly dictated by thin film interference phenomena, have also been exploited for sensing 

applications. The reflection spectrum of a PSi Bragg mirror is typically characterized by a relatively 

broad wavelength range with high reflectance (i.e., stopband), corresponding to a wavelength range 

over which constructive interference occurs, see Figure 2.2.1(b). The PSi Bragg mirror is designed with 

alternating layers of high and low refractive index (low and high porosity, respectively), each with an 

EOT corresponding to one-quarter of the wavelength in the middle of the high reflectance stopband, as 

specified in Eq. 2.2.2.  

𝐿𝑚𝑖𝑟𝑟𝑜𝑟 =
𝜆0

4𝑛
   (Bragg mirror)    2.2.2 

The width of the stopband is dictated by the refractive index contrast between layers, with higher 

contrast leading to wider stopbands. The maximum reflectance of the stopband is dictated by the number 

of layers comprising the Bragg mirror, with more layers leading to higher maximum reflectance values. 

The entire high reflectance stopband shifts when molecules infiltrate the PSi multilayer stack and 

increase the effective refractive index of the PSi layers. To determine the magnitude of the stopband 

shift upon molecular infiltration, the spectral position of one edge of the stopband is typically monitored. 

However, because it is more straightforward to monitor the spectral position of a sharper feature in the 

reflectance spectrum upon molecular infiltration, the PSi microcavity and PSi rugate filter are more 

commonly employed for sensing applications compared to the Bragg mirror. Both the microcavity and 

rugate filter are characterized by a relatively narrow spectral feature, as shown in Figure 2.2.1(c,d), 

which shifts when molecules infiltrate the PSi multilayer stack. In the case of the microcavity, the 

narrow resonance is created by inserting a PSi cavity layer with an EOT corresponding to one-half of 

the resonance wavelength (or an integer multiple of λ0/2n) between two PSi Bragg mirror stacks, as 

indicated in Eq. 2.2.3.  

𝐿𝑐𝑎𝑣𝑖𝑡𝑦 =
𝜆0

2𝑛
   (Microcavity)    2.2.3 

In the case of the rugate filter, the refractive index profile is continuously tuned according to Eq. 2.2.4 

or a similar function where x indicates the direction normal to the PSi multilayer surface, n0 is the 

average refractive index of the PSi layers, Δn0 is the refractive index contrast, and λ0 is the wavelength 

of the reflectance peak. The continuously varying refractive index profile, along with appropriate 

apodization and index matching at the top and bottom of the PSi multilayer stack 153, 154, helps to 

suppress the side lobes that are present in the reflectance spectra of the microcavity and Bragg mirror. 

The width of the reflectance peak of the rugate filter increases as the refractive index contrast increases, 

and the peak height increases with the number of periods (i.e., number of repetitions of the sinusoidally 

varying refractive index profile). To achieve a narrow width and a high contrast reflectance peak for 
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sensing applications that require accurate tracking of small refractive index changes in the PSi 

multilayer stack, a rugate filter with a small Δn and many periods should be utilized. 

𝑛(𝑥) = 𝑛0 +
Δ𝑛

2
sin (

4𝜋𝑥

𝜆0
)  (Rugate filter)    2.2.4 

The aforementioned PSi optical structures all rely on out-of-plane light propagation, which can be 

convenient for stand-alone measurements using benchtop measurement equipment. However, it has 

been shown that PSi is also amenable to integration with on-chip silicon photonic optical components 

and, for these implementations, it is necessary to have in-plane light propagation. Figure 2.2.1(e) shows 

a planar, two-layer PSi waveguide that supports in-plane light propagation. Light is guided in the top 

PSi layer by total internal reflection (TIR); the lower PSi layer is essential and has a smaller refractive 

index than the top layer to ensure that the condition for TIR is met at the bottom interface of the top PSi 

guiding layer. A grating, as shown in Figure 2.2.1(e), or a prism can be used to couple light into the 

waveguide from an external light source. The criterion for coupling light into a resonant waveguide 

mode is given in Eq. 2.2.5 where Λ is the grating pitch, θ is the angle of incidence, m is an integer, neff 

is the modal index of the PSi waveguide, ninc is the refractive index of the external medium (e.g., air) 

and λ0 is the vacuum wavelength of light. A typical reflectance spectrum is also shown in Figure 

2.2.1(e); the resonance angle shifts upon molecular infiltration into the waveguide. Because most of the 

light is localized within the top guiding PSi layer, molecules need to infiltrate into a significantly thinner 

region for the waveguide compared to PSi multilayer structures. 

Λ =
mλ0

𝑛𝑒𝑓𝑓−𝑛𝑖𝑛𝑐 sin 𝜃
  (Grating-coupled waveguide)  2.2.5 

Recently, it has been demonstrated that PSi waveguides can be patterned to form ring resonators 155-157, 

as shown schematically in Figure 2.2.1(f), and Mach-Zehnder interferometers 158, suggesting that the 

PSi material system provides the necessary design and fabrication flexibility to achieve most, if not all, 

of the silicon-based photonic structures typically fabricated on silicon-on-insulator (SOI) wafers. Light 

can be coupled into these advanced PSi waveguide-based structures from an off-chip light source using 

a grating coupler or tapered fiber, but a key advantage is that light that is already propagating on a 

silicon photonic chip can directly couple into these structures. A typical transmission spectrum of a ring 

resonator is shown in Figure 2.2.1(f) and is characterized by periodic resonance dips. The resonant 

wavelengths satisfy the constructive interference condition in the ring given by Eq. 2.2.6 where λres is 

the resonance wavelength, R is the radius of the ring, neff is the modal index of the ring resonator, and 

m is an integer. When molecules infiltrate the PSi ring resonator, a shift of the resonant wavelengths 

results. Because light is highly localized in the upper guiding layer of the PSi ring resonator, the PSi 

ring resonator is highly sensitive to molecular infiltration into the guiding layer. For  



Literature Survey 

22 
 

Figure 2.2.1. Schematics and associated optical spectra of common porous silicon structures used for 

optical biosensing applications: (a) single-layer interferometer, (b) Bragg mirror, (c) microcavity, (d) 

rugate filter, (e) grating-coupled planar waveguide, and ring resonator. 

an equivalent change in the effective refractive index of a PSi guiding layer and a single layer PSi 

interferometer, there would be a much larger resonance shift for the ring resonator compared to the 

fringe shift that would be observed in the single layer PSi interferometer. 

λ𝑟𝑒𝑠 =
2πR𝑛𝑒𝑓𝑓

𝑚
   (Ring resonator)  2.2.6 
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Surface Chemistry 

Surface chemistry design is a crucial stage in the development process of a biosensor. The overall 

capabilities of the biosensor, including stability, sensitivity, specificity, and reproducibility, are strongly 

related to the chosen surface chemistry. During the past decade, numerous comprehensive review 

papers have discussed the importance of surface chemistry in the construction and application of PSi-

based biosensors 144, 147, 159.   

The role of the surface chemistry in PSi biosensor devices is to protect the PSi nanostructure from 

degradation, prevent non-specific interactions of interfering molecules with the porous surface, and 

provide specific recognition groups to the target analyte 159. To achieve all these requirements, several 

stepwise coupling chemistries have been developed over the years. In the following section, we will 

briefly discuss the main, well-established approaches of PSi surface chemistry and introduce recent 

advances in the field. 

At the end of the anodization process, the freshly-etched PSi nanostructure is composed of hydride 

terminated pores (Si–Hx, x = 1, 2 and 3), which are highly sensitive to aging effects, including the 

uncontrolled growth of a native oxide and dissolution in corrosive/aqueous environments 144, 159-161. 

These effects may induce zero-point drifts in the reflectivity spectrum of the sensor and thus PSi-based 

matrices are usually passivated by growing an oxide layer under controlled conditions. This step 

stabilizes the nanostructure and minimizes the oxidation and/or the dissolution of the porous layer in 

aqueous environments 160. Different methods can be used to oxidize PSi films, including thermal 

oxidation, ozone oxidation, high-pressure water vapor annealing, electrochemical oxidation, and 

oxidation in aqueous solutions 162.  Shtenberg et al. has demonstrated that the thermal oxidation step of 

PSi-based optical nanostructures has a profound effect on its biosensing performance 163. A greater 

optical stability and higher sensitivity was achieved when the biosensor surface was oxidized under 800 

ºC for 1 h, in comparison to thermal oxidation at lower temperatures (600 ºC and 400 ºC). This work 

demonstrated that a proper oxidation step can promote efficient immobilization of capture probes, 

optical signal stability, and higher sensitivity. To further stabilize and activate the biosensor surface 

with specific receptors/capture probes, several well-established approaches are commonly used, such 

as silane chemistry (silanization with alkyl silanes) 164, 165 or hydrosilylation of alkenes and alkynes 166, 

167. Although hydrosilylation chemistry results in the formation of a very stable monolayer of Si–C 

bond, the silane chemistry is more common, probably due to its simplicity. The Sailor group has recently 

reported on a new silanization process, referred to as a “ring-opening click” reaction (outlined in Figure 

2.2.2), in which heterocyclic silanes containing Si−N or Si−S bonds in the ring undergo a ring opening 

reaction with −OH groups at the surface of oxidized PSi (PSiO2) nanostructures to generate −SH or 

−NH functional surfaces, grafted via O−Si bonds 168. This room-temperature chemistry approach has 

been reported to have no by-products and to minimally interfere with protein activity. Another 

modification approach, which improves the PSi chemical stability and its electrical properties, is 
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thermal carbonization of PSi. We refer the readers to a recent comprehensive review by Salonen and 

Mäkilä 169, which discusses the progress made over past decade in thermal carbonized PSi (TCPSi) 

platforms.   

To overcome several drawbacks of silane monolayer deposition on SiO2, such as unfavorable cross-

linking, slow reaction rates and low coupling efficiency, Sailor and co-workers have demonstrated the 

grafting of organic trihydridosilanes on hydrogen-terminated PSi nanostructures under mild thermal 

conditions (80°C) without the use of a catalyst 170. The resulting surfaces demonstrated 

superhydrophobic behavior (with a contact angle of 150°) and were stable in corrosive aqueous 

solutions and in common organic solvents, such as dimethyl formamide, dimethyl sulfoxide, 

dichloromethane and tetrahydrofuran. Moreover, the grafted surfaces retained their PL properties and 

could be further activated with functional groups. 

Figure 2.2.2. (a) Schematic illustration of "ring-opening click" reaction of cyclic-silanes with the 

silanol-terminated pore walls of oxidized PSi. (b) Structures of the reagents, which were used in the 

study: thia-silane (DMTSCP, 2,2-dimethoxy-1-thia-2-silacyclopentane), butyl-aza-silane (BADMSCP, 

N-n-butyl-aza-2,2-dimethoxy-silacyclopentane), diaza-silane (DMDASCP, 2,2-dimethoxy-1,6-diaza-2-

silacyclooctane), and methyl-aza-silane (MATMSCP, N-methyl-aza-2,2,4- trimethyl-silacyclopentane). 

R1 = OMe, Me. R2 = H, Me. Reprinted with permission from ref. 168. 

(https://pubs.acs.org/doi/10.1021/jacs.6b08614).  

Following the passivation/stabilization process of the PSi (by one of the methods described above), the 

subsequent step comprises immobilization of appropriate bioreceptors, such as antibodies 171, 172, 

enzymes 173, 174, aptamers 19, 20, 26, or DNA 42, 175, 176, onto the pore walls. The immobilization can be 

accomplished via standard coupling chemistries such as glutaraldehyde crosslinking chemistry, 

activation of terminal –COOH groups with ethyl-3-(3-(dimethylamino)propyl)carbodiimide (EDC) and 

N-hydroxysulfosuccinimide sodium salt (NHS), biotin-streptavidin system or via click chemistry. The 

final step in the biofunctionalization process usually involves blocking of residual groups to reduce 

non-specific adsorption of biomolecules. This step is especially crucial if the biosensor is aimed to 

https://pubs.acs.org/doi/10.1021/jacs.6b08614
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perform in complex biological fluids. The blocking is commonly carried out via adsorption or covalent 

attachment of different blocking agents such as maleimide 33, ethanol amine 177, Tris buffer 30, bovine 

serum albumin protein (BSA) 178, oligo(ethylene glycol) (EG) 159 or polyethyleneglycol (PEG) 

molecules 28. Additional discussion regarding the importance of blocking can be found in the “Real 

Sample Analysis” Section. 

A new approach to improve the immobilization of biological molecules on PSi substrates was recently 

demonstrated by the Gergely group 179. In this work, the optical properties of PSi microcavities were 

utilized to study binding affinity, adhesion properties and interactions between peptides and PSi. The 

main goal of this study was to identify and engineer the shortest peptide sequence with the highest 

affinity to the silicon surface. This optimal peptide can be subsequently used as an efficient linker for 

immobilization of biomolecules onto PSi surfaces.  

One of the main advantages of PSi biosensors is their high surface area. An interesting approach to 

exploit the entire porous surface and design sophisticated biosensing platforms (as will be discussed in  

the “Emerging Applications: Toward Point-of-Care Devices” Section) is to introduce different 

functionalities to the interior and exterior surfaces of the matrix. Gooding and co-workers have 

pioneered this route with a method that relies on surface tension and capillarity to either prevent or 

promote the entrance of solution species into the porous nanostructure 180. Wu and Sailor reported on a 

simple strategy, termed as “liquid masking”, for differentially modifying the inner pore walls using a 

hydrophobic organic liquid as a chemical resist mask 181. The resulting nanostructure exhibits an inner 

hydrophilic silicon oxide surface and an outer silicon hydride surface. Other studies have modified this 

basic approach and were able to fabricate PSi nanostructures bearing carboxyl groups in the internal 

pore surface and amines on the external surface 182. The selective chemical modification of PSi films 

can be verified by Fourier transform infrared (FTIR), contact angle measurements and angle-resolved 

X-ray photoelectron spectroscopy (AR-XPS) 183. The latter technique allows careful analysis of the 

distribution of the different functional groups along the entire thickness of the porous layer. 

Another important aspect is to achieve sensitive and reproducible monitoring of negatively charged 

molecules, such as DNA targets, using PSi biosensors. The detection of DNA is very challenging, 

mostly due to the enhanced corrosion of the PSi scaffold by DNA 42, 184, as schematically illustrated in 

Figure 2.2.3.  A recent study by the Weiss group examined the influence of charge density and surface 

passivation on a DNA-induced corrosion of PSi waveguides in order to improve the biosensor 

sensitivity, reliability, and reproducibility when exposed to negatively charged DNA molecules 185. This 

study demonstrated that charge density and surface passivation of PSi have high impact on the biosensor 

performance. The corrosion process was partially moderated by replacing the DNA probe with neutral-

charged-peptide nucleic acids (PNA) or fully reduced by introducing Mg2+ ions to shield negative 

charges on the target DNA backbone during hybridization to the PNA probes.  
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Over the years, many functionalization procedures for PSi-based materials were developed and applied. 

Yet, as surface chemistry plays a critical role in the performance of PSi biosensors (e.g., their stability 

in aqueous media or storage), carful adjustment and optimization of the chemistry for each specific 

application are required.  

Figure 2.2.3. Schematic of DNA-induced corrosion process in PSi, illustrating surface regions of the 

waveguide structure. The green region indicates the thermal oxide on pore walls; the yellow represents 

silane molecules; DNA oligos are represented by the red (probe) and black (target) helix structures 

attached on the silane molecules. The chemical reactions present a possible mechanism for corrosion 

of a silicon atom initiated by sequential nucleophilic attacks by water molecules and resulting in the 

release and dissolution of the atom in the form of Si(OH)4. Reprinted with permission from ref. 185 

(Zhao, Y.; Lawrie, J. L.; Beavers, K. R.; Laibinis, P. E.; Weiss, S. M. ACS Applied Materials & 

Interfaces 2014, 6, 13510-13519). Copyright (2014) American Chemical Society. 

Sensitivity and Signal Enhancement Methods 

The clinical relevance of a developed biosensor is examined by its sensitivity and specificity. 

Biomolecular or cellular targets for biosensor platforms are often present in very low concentrations in 

highly complex fluids. Kelley has recently reviewed the clinically relevant levels of these targets, which 

for most protein and oligonucleotide biomarkers lie in the picomolar range 4. The large surface area of 

PSi predestined it as a superior alternative to planar photonic sensors, such as SPR, for many 

applications and the seminal work by Lin et al. in 1997 strengthened this hypothesis 15. In terms of 

sensitivity, PSi-based optical biosensors can be classified into two main groups based on the 
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transduction mechanism: those that are based on luminescence signal and those that are based on optical 

monitoring of changes in the average refractive index of the porous nanostructure. The former usually 

attains higher sensitivity, but also requires target labelling or more sophisticated biosensing platforms. 

On the contrary, the latter category enables label-free detection with a simple experimental setup, but 

usually exhibits lower sensitivity. Without applying sophisticated signal amplification techniques or 

utilizing complex PSi structures, label-free PSi-based biosensors present a poor sensitivity on the 

micromolar range 26, 176, 186, 187. These experimental results oppose theoretical calculations predicting 

nanomolar detection range 188 and have been mainly attributed to limited diffusion of the analytes into 

the porous matrix 21, 165, 189, which can be as slow as few molecules per pore per second 23, and non-ideal 

structures (defects and interface roughness) 190. Thus, significant research effort has been directed 

towards developing strategies for improving the sensitivity of PSi-based optical biosensors. These 

include tailoring the chemistry and structure features of the porous layer, fabrication of complex 

multilayered structures, manipulating the experimental platform and data analysis, or applying signal 

amplification techniques. The following section reviews the current sensitivity limits of different PSi-

based optical biosensors of various transduction mechanisms, see summary in Table 2.2.1, as well as 

the progress made over the years of 2016 to 2018 in enhancing their performance (specifically lowering 

LOD values).   
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Table 2.2.1. Performance summary of biomolecule detection with different PSi-based optical biosensors from 2016-2018 

 

Target type Target PSi Structure Transducing 

Mechanism 

Capture 

Probe 

Label/Label-

Free 

Signal 

Amplification 

Detection 

Range/Tested 

Concentrations 

Assay 

Time 

LOD Real 

Sample 

Analysis 

Ref. 

Small molecules EtOH Microcavity Reflectivity - Label-free -  - 0.001% 

 

1000 nm 

RIU-1 

 

10-7 RIU 

- 191 

NaCl and 

KCl 

Fabry-Pérot 

thin film 

Reflectivity + IAW 

signal processing 

- Label-free - 10-5% to 9% 

w/w 

~1 h 0.001% w/w 

 

10-7 RIU for 

concentration 

lower than 

0.1% w/w 

- 25 

Heavy 

metals  

(Lead (II), 

Arsenic (III) 

and 

Cadmium 

(II) ions) 

Thue-Morse Reflectivity  Oligopeptide Label-free 

 

- 2 ppb to100 ppb - 1.2 ppb for 

Pb(II) 

- 192 

Heavy 

metals 

(Cadmium 

(II) ions) 

Microcavity Reflectivity - Label-free 

 

Pre-

concentration 

with 

electrochemical 

reduction 

1 ppb to 1000 

ppb 

20 

min 

1.16 ppb 

 

342  nm 

RIU-1 

Lake 

water 

193 

Pyrocatechol 

(110 g mol-

1) 

Fabry-Pérot 

thin film 

Colorimetric Enzyme Label-free  

(indirect 

detection*) 

- 1 μM to 

100 μM 

~20 

min 

0.43 uM 

 

- 194 

Glucose 

(180 g mol-

1) 

Mesoporous Si 

nanowire array 

Photoluminescence Non 

immobilized 

glucose 

oxidase 

enzyme 

Label-free 

 

- 0.1 mM to 

50 mM 

~1 h 1.06 μM - 195 
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Table 2.2.1 contd. Performance summary of biomolecule detection with different PSi-based optical biosensors from 2016-2018 

 

 

Target type Target PSi Structure Transducing 

Mechanism 

Capture 

Probe 

Label/Label-

Free 

Signal 

Amplification 

Detection 

Range/Tested 

Concentrations 

Assay 

Time 

LOD Real 

Sample 

Analysis 

Ref. 

Small molecules Ochratoxin 

A 

(404  g mol-

1) 

Fabry-Pérot 

thin film 

Photoluminescence Antibody Label-free - 0.01 ng mL-1 to 

5 ng mL-1 

~30 

min 

4.4 pg mL-1 - 196 

Aflatoxin 

B1 (312 

g/mol) 

PSi ( Fabry-

Pérot thin 

film)-gold 

nanocomposites 

Photoluminescence Antibody Label-free - 0.01 ng mL-1 to 

10 ng mL-1 

- 2.5 pg mL-1 - 197 

Ochratoxin 

A 

 

 

 

Aflatoxin B1 

 

 

 

Fumonisin 

B1 

TiO2-deposited 

PSi Fabry-Pérot 

thin film 

Fluorescence 

(FRET-based) 

Aptamer 

 

Label-free 

(Indirect 

detection*) 

- 0.1 ng mL-1 to 

10 ng mL-1 

 

0.01 ng mL-1 to 

10 ng mL-1 

 

0.001 ng mL-1 

to 10 ng mL-1 

~12 h 15.4 pg mL-1 

 

 

1.48 pg mL-1 

 

 

0.21 pg mL-1 

Cereal 

samples 

(rice, 

wheat 

and 

corn) 

198 

Oligonucleotides single-

stranded 

DNA, 

ssDNA 

(20mer) 

Microcavity Reflectivity ssDNA Labeled 

target 

- 0.1 μM to 

5.0 μM 

~2 h 6.97 nM - 199 

ssDNA 

(14mer) 

Au/PSi 

microcavity 

Fluorescence ssDNA  Labeled 

target 

- 10-4 μM to 

10 μM 

10 h 10 pM - 200 

ssDNA 

(18mer) 

Double Bragg 

mirror 

Reflectivity ssDNA Label-free - 0.25 μM to 

10 μM 

 

~2 h 27.1 nM - 201 
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Table 2.2.1 contd. Performance summary of biomolecule detection with different PSi-based optical biosensors from 2016-2018 

Target type Target PSi Structure Transducing 

Mechanism 

Capture 

Probe 

Label/Label-

Free 

Signal 

Amplification 

Detection 

Range/Tested 

Concentrations 

Assay 

Time 

LOD Real 

Sample 

Analysis 

Ref. 

Oligonucleotides ssDNA 

(8mer) 

 

Diffraction 

grating coupled 

with 1D 

photonic crystal 

Angle-resolved 

diffraction 

ssDNA Label-free - 10  μM 

 

~2 h 41.7 nM - 202 

miRNA-222 

(21mer) 

PSi membrane-

Ag composites 

SERS ssDNA Labeled 

target 

 

Label-free 

(indirect 

detection*) 

 

 

 

Secondary 

labeled probe 

2.5 nM to 25 

nM 

 

1 nM to 25 nM 

1 h 

 

 

2 h 

0.55 nM 

 

 

1.51 nM 

RNA 

cell 

extracts 

203 

Peptides Glutathione 

(307 g mol-

1)  

PSi disks-Ag 

composites 

SERS DTNB 

Raman 

reporter (not 

immobilized) 

Label-free 

(indirect 

detection*) 

 <568.9 nM 30 min 74.9 nM Blood 

serum 

204 

Insulin (5.8 

kDa) 

Fabry-Pérot 

thin film 

Reflectivity Antibody 

 

 

Aptamer 

Label-free - 5 μg mL-1 to 50  

μg mL-1   

60 min 

 

 

12 min 

4.3 μg mL-1  

for antibody 

 

1.9 μg mL-1  

for aptamer 

Human 

islets  

28 

Insulin (5.8 

kDa) 

Rugate filter Reflectivity Aptamer Label-free 

 

- 2.5 μg mL-1 to 

50 μg mL-1   

10 min 0.29-0.19 

μg mL-1 

(depending 

on the 

buffer) 

Human 

islets 

32 

Proteins 

 

 

 

Small molecules 

Trypsin 

(23.3 kDa) 

 

 

ATP (507.2 

g mol-1) 

PSi ( Fabry-

Pérot thin 

film)-C-dots 

hybrid 

Reflectivity and 

fluorescence 

- Label-free - 4.3 μM to 

43 μM 

 

 

0.1 mM to 

10 mM 

~20 

min 

4 μM 

 

 

 

0.1 mM 

- 205 

Proteins  

 

Protein A 

(42 kDa) 

Fabry-Pérot 

thin film 

Reflectivity Aptamer Label-free 

(indirect 

detection*) 

Secondary 

antibody 
2 μM to 50 µM ~2 h 1 μM - 29 
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Table 2.2.1 contd. Performance summary of biomolecule detection with different PSi-based optical biosensors from 2016-2018 

 

 

 

 

Target type Target PSi Structure Transducing 

Mechanism 

Capture 

Probe 

Label/Label-

Free 

Signal 

Amplification 

Detection 

Range/Tested 

Concentrations 

Assay 

Time 

LOD Real 

Sample 

Analysis 

Ref. 

Proteins  

 

Streptavidin 

(52.8 kDa) 

Microcavity 

membrane 

Reflectivity Biotin Label-free - 0.5 μM to 5 μM 

 

~20 

min 

- - 23 

His-tagged 

protein (24 

kDa) 

Fabry-Pérot 

thin film 

Reflectivity Aptamer Label-free ITP 750 nM to 7.5 

nM 

50 

min 

7.5 nM Bacteria 

lysate 

30 

Hydatid 

disease 

biomarker 

PSi ( Fabry-

Pérot thin film) 

on a Silicon-

On-Insulator 

(SOI) 

Photoluminescence - Label-free - 2x10-8 mg mL-1 

to 2x10-3 mg 

mL-1 

 

- 

0.02 ng mL-1 - 206 

Cystic 

hydatid 

disease 

antigen (43 

kDa) 

Microcavity Angular 

transmission  

Antibody Label-free - 0.5x10-6 mg 

mL-1 to 2.0x10-5  

mg mL-1 

1 h 0.16 ng mL-1 - 207 

BSA (66 

kDa) 

Fabry-Pérot 

thin film 

Reflectivity + IAW 

signal processing 

- Label-free - 150 pM to 

15 μM 

~1 h 20 pM - 20 

TNFα (25 

kDa) 

Fabry-Pérot 

thin film 

Reflectivity + IAW 

signal processing 

Aptamer Label-free - 390 nM to 3 nM ~1 h 200 pM - 19 

C-reactive 

protein (25.1 

kDa) 

Si nanowire 

array 

Photoluminescence Antibody Label-free - 85 pM to 850 

nM 

(could be 

tailored) 

~4 h 1.6 fM Blood 

serum 

208 

Thrombin 

(37 kDa) 

Fabry-Pérot 

thin film 

Reflectivity Aptamer Label-free - 13 nM to 109 

nM 

~2 h 1.5 nM - 27 
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Table 2.2.1 contd. Performance summary of biomolecule detection with different PSi-based optical biosensors from 2016-2018 

*Indirect target detection refers to assays in which the target does not directly induce the optical signal measured, e.g., utilization of a secondary probe. 

Target type Target PSi Structure Transducing 

Mechanism 

Capture 

Probe 

Label/Label-

Free 

Signal 

Amplification 

Detection 

Range/Tested 

Concentrations 

Assay 

Time 

LOD Real 

Sample 

Analysis 

Ref. 

Proteins  

 

Prostate 

specific 

antigen (30 

kDa) 

 

 

 

 

Human 

kallikrein 2 

(28.5 kDa) 

Macroporous 

thin film 

Fluorescence Antibody Label-free 

(indirect 

detection*) 

Secondary 

labeled 

antibody 

Few tens of pg 

mL-1 to 100 ng 

mL-1 

 

Few hundred of 

fg mL-1 to 100 

ng mL-1 

~2 h 100 fg mL-1 Blood 

serum 

209 

Antibody 

(150 kDa) 

Microcavity Colorimetric Antigen Label-free 

(indirect 

detection*) 

Secondary 

HRP-labeled 

antibody  

- - 10 fg mL-1 Blood 

serum 

210 

Enzymes Sortase A 

(27.1 kDa) 

and MMPs 

Microcavity Fluorescence 

(FRET-based) 

Peptide 

substrate 

Label-free 

(indirect 

(detection*)  

 4.6x10-12 M to 

4.6x10-8 M 

30 

min 

For 

reflectivity 

measurement 

4.6*10-8 M 

 

For 

fluorescence 

measurement 

8.0x10-14 

Human 

wound 

fluid and 

bacterial 

culture 

medium 

211 

Bacteria E. coli Fabry-Pérot 

thin film 

Reflectivity Antibody Label-free - 105 cells/ml to 

103 cells/ml 

~45 

min 

103 cells/ml Food 

industry 

process 

water 

177 

E. coli Fabry-Pérot 

thin film 

Reflectivity Antibody Label-free 

(indirect 

detection*) 

- 107 cells/ml to 

103 cells/ml 

- 

 

 

103 cells/ml - 212 

L. 

acidophilus 

Fabry-Pérot 

thin film 

Reflectivity Aptamer Label-free - 107 cells/ml to 

106 cells/ml 

~40 

min 

106 cells/ml - 33 
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Refractometric-Based PSi Biosensors 

Optimization of PSi Nanostructure and Bioreceptor Features 

Both the structural features of PSi and the utilized bioreceptors have a profound effect on the biosensor 

sensitivity. Antibodies are the most commonly used capture probes and thus they are well-studied and 

established. For antibodies, it was demonstrated that ordered orientation results in improved 

performance 155, 172 and a thorough study by Bonanno et al. 164 presented the impact of steric crowding 

on antibody immobilization. The importance of surface chemistry for antibody conjugation was also 

emphasized by Martin et al. 213. Aptamers are emerging as promising alternatives to antibodies in 

various biosensing platforms 214-216 and have been introduced in recent years as capture probes in PSi 

biosensors 26, 217. One main advantage of aptamer-based PSi biosensors in comparison to conventional 

PSi-based immunosensors is the ability to easily regenerate the sensor by a short rinsing step for 

multiple biosensing analyses even in complex biological fluids, as was demonstrated by Urmann et al 

26. In a later study, Voelcker and co-workers utilized PSi Fabry-Pérot interferometers to compare 

antibody and aptamer bioreceptors for the detection of insulin. They established that the aptamer-based 

biosensor outperforms the antibody-based one, both in terms of the LOD (1.9 μg mL-1 [0.33 μM] and 

4.3 μg mL-1 [0.74 μM], respectively) and the response time (12 min and 60 min, respectively), as shown 

in Figure 2.2.4A 28. It is important to emphasize that the sensitivity and LOD of aptamer-based 

biosensors are highly dependent on the aptamer immobilization density. Indeed, for aptamer-

functionalized PSi, a lower surface coverage has resulted in improved performance, ascribed to 

minimizing effects of steric hindrance and electrostatic repulsion of the negatively-charged DNA 

molecules at higher concentrations 26, 32, 33. Typical LOD values of PSi Fabry-Pérot aptasensors for 

detection of proteins are in the micromolar range 26, 28, 29. Employing multilayered PSi structures, such 

as thin rugate filters, was shown to improve the LOD for insulin to 0.19-0.29 μg mL-1 (~33-50 nM), 

depending on the analysis buffer 32.  

Further sensitivity improvement of PSi aptasensors was presented by Barillaro and coworkers 19 by 

increasing the pore diameter (up to a 3× increase in diameter) of a PSi thin film (see Figure 2.2.4B), 

without affecting the porosity and the effective refractive index of the layer. This was achieved by 

etching a parasitic layer at a high current density, followed by its removal and subsequent etching of 

the PSi sensing layer. Figure 2.2.4B shows a 10-fold improvement in sensitivity of the biosensor with 

the larger pores, which is attributed to an improved analyte diffusion into the porous layer without 

decreasing the signal-to-noise ratio, due to the unchanged porosity 19. 

Although for direct immobilization of aptamer bioreceptors, a lower immobilization density was proven 

to enhance the biosensor performance 26, 32, 33, in-situ DNA and aptamer synthesis for higher probe 

density has been also found advantageous. Weiss and co-workers 43 have synthesized a single-stranded 

DNA (ssDNA) probe in-situ, directly on the surfaces of a photonic sensor. A 5 to 7-fold enhancement 

in sensitivity was demonstrated, as well as a >3-fold reduction in response time, compared to a direct 
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ssDNA immobilization procedure, as shown in Figure 2.2.4C. This behavior was ascribed to a higher 

surface coverage of the ssDNA probes achieved by in-situ synthesis due to the addition of uncharged 

DNA monomers base-by-base, which in turn reduces the negative effects of steric hindrance and charge 

repulsion during direct immobilization of long ssDNA molecules. The pore size should be also taken 

into consideration for in-situ oligonucleotide synthesis and DeStefano and co-workers 27, 218 have 

demonstrated a higher yield of functionalization for in situ synthesis of 17-19-mer DNA sequence on 

PSiO2 films with a pore diameter larger than 50 nm, when compared to a film with pores of ~20 nm. 

The resulting biosensor exhibited a low LOD value of 1.5 nM for thrombin (~37 kDa) 27. 

 

Figure 2.2.4. Performance enhancement of PSi biosensors by capture probe and pore diameter 

optimization. (A) PSi Biosensor for detection of insulin based on a Fabry-Pérot thin film functionalized 

with aptamer molecules (red curve) outperforms antibody-functionalized one (black curve). Reprinted 

with permission from ref. 28 (Chhasatia, R.; Sweetman, M. J.; Harding, F. J.; Waibel, M.; Kay, T.; 

Thomas, H.; Loudovaris, T.; Voelcker, N. H. Biosensors and Bioelectronics 2017, 91, 515-522). 

Copyright (2017) Elsevier. (B) Increasing the pore diameter (up to 3 fold) of a Fabry-Pérot thin film 

enhanced the detection sensitivity of the biosensor towards the protein TNF-α. Reprinted with 

permission from ref. 19 (Mariani, S.; Pino, L.; Strambini, L. M.; Tedeschi, L.; Barillaro, G. ACS Sensors 

2016, 1, 1471-1479). Copyright (2016) American Chemical Society.  (C) In-situ synthesis of a ssDNA 

probe in a ring resonator results in improved performance, compared to direct immobilization of the 

ssDNA onto the Si surface. (i) Comparison of florescence intensity of a labelled-DNA probe 

immobilized by the two approaches. (ii) Kinetic binding curve of a ssPNA target to ring resonators, 

functionalized with a ssDNA probe by in-situ synthesis (red curve) or direct immobilization (blue 

curve), demonstrating faster response time of the former. (iii) Averaged wavelength shifts for the probe 

and target binding, upon both functionalization methods. Reprinted with permission for ref. 43 (Hu, S.; 

Zhao, Y.; Qin, K.; Retterer, S. T.; Kravchenko, I. I.; Weiss, S. M. ACS Photonics 2014, 1, 590-597). 

Copyright (2014) American Chemical Society. 
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Alternative novel capture probes for sensitive detection have been utilized for bacteria and heavy metals 

targets. Segal and co-workers 219 immobilized oligomers of acylated lysine (OAK), a synthetic mimetic 

compound of antimicrobial peptides, on a PSi Fabry-Pérot interferometer for specific detection of 

E. coli fragments. A measured LOD of 103 cells mL-1 was demonstrated, similar to monoclonal 

antibody-based PSiO2 biosensors 177, 212, 219. DeStefano and co-workers functionalized a Thue-Morse 

PSi structure with Phytochelatin, an oligopeptide targeting heavy metals. However, the latter could not 

be simply conjugated to solid surfaces due to charge-mediated corrosion upon molecular binding (it 

presents an isoelectric point of 4.2). Thus, the oligopeptide was derivatized with a six poly-Lysine, 

resulting in an isoelectric point of 6.9, which could be properly immobilized. Sensitive detection of 

Lead (II), Arsenic (II) and Cadmium (II) ions was realized with a LOD value for Lead (II) ions of 

1.2 ppb 192. 

Complex PSi Optical Structures 

Improvement in sensitivity by substituting the simple PSi Fabry-Pérot interferometer with sophisticated 

multilayered-optical structures has already been vastly established 190 and research work in recent years 

has focused on optimization of these complex structures for improving their sensitivity 176, 220-226. Such 

structures include Bragg mirrors 227, 228, rugate filters 32, 167, 229-231, microcavities 43, 164, 191, 213, 232-235, Thue-

Morse structures 192, waveguides 176, 188, Vernier effect-based structures 226, Bloch surface wave 

structures 236, ring resonators 43, 157, and diffraction gratings 202. Weiss and co-workers extensively 

studied biosensors based on DNA-PNA (peptide nucleic acid) hybridization with different PSi-based 

optical structures. A nanomolar LOD was demonstrated with waveguides 237 and ring resonators 157. 

LOD values in the range of 5.7 nM to 43.9 nM were achieved for biosensors based on DNA 

hybridization with other PSi structures, such as a polybasic photonic crystal 238, microcavity on a SOI 

wafer 239, microcavity functionalized with gold nanoparticles 240, Bragg mirror on a SOI wafer 228, 

double-Bragg mirror structure 201 and diffraction grating coupled with a 1D-photonic crystal 202. It 

should be noted that the fabrication of these multilayered structures is more complex and the accuracy 

and robustness is limited by the electrochemical etching process parameters 201, 227, 238. Moreover, part 

of these structures require additional fabrication steps, such as photolithography, and more sophisticated 

optical measurement systems. An example for the latter was proposed by Li et al. 235, where changes in 

the refractive index of a PSi microcavity during DNA hybridization were detected by the incident angle 

between a laser and the surface of the PSi, with a LOD value of 87 nM. Another approach for sensitivity 

enhancement by improving the resolution of the optical readout was presented by Caroselli et al. 191. 

They replaced the spectrometer with an optical interrogator, able to acquire reflectivity spectra every 

0.1 s with a resolution of 4 pm. They further reduced the measurement noise by applying a discrete 

Fourier transform algorithm, resulting in a noise of only 0.2 nm. This high-resolution experimental 

setup allowed a LOD of 10-7 RIU (refractive index unit) with a PSi microcavity sensor 191. 
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One of the main challenges of PSi-based biosensors is overcoming the limited mass-diffusion within 

the porous nanostructure. By constructing an open-ended PSi microcavity membrane for a flow-through 

sensing scheme (rather than a conventional flow-over system), as illustrated Figure 2.2.5A, the analyte 

flux into the biosensor is significantly enhanced 23. A 6-fold improvement in the response time for 

streptavidin detection by a biotin-functionalized PSi microcavity was achieved, compared to closed-

ended films, and 500 nM streptavidin was detected within 20 min (Figure 2.2.5B). In a follow up study, 

mass transport and reaction kinetics were simulated in open-ended and closed-ended PSi biosensors 

and the improvement of the performance was again demonstrated for the adsorption of large molecules 

such as horseradish peroxidase and catalase in an open-ended PSi microcavity membrane, see 

Figure 2.2.5C 241. 

Figure 2.2.5. Open-ended PSi membrane biosensing platform outperforms closed-ended films. (A) 

Illustration of both biosensing platforms; (B) comparison of biosensing response to streptavidin 

capturing by a biotinylated-surface, in both flow schemes and (C) comparison of biosensing response 

to catalase enzyme adsorption, in both flow schemes. Reprinted with permission from ref. 23 and ref. 241, 

respectively. (Zhao, Y.; Gaur, G.; Retterer, S. T.; Laibinis, P. E.; Weiss, S. M. Analytical Chemistry 

2016, 88, 10940-10948); Copyright (2016) American Chemical Society and (Zhao, Y.; Gaur, G.; 

Mernaugh, R. L.; Laibinis, P. E.; Weiss, S. M. Nanoscale Research Letters 2016, 11, 395); 

(http://creativecommons.org/licenses/by/4.0/); copyright ©  The Author(s). 2016, respectively. 

Data Processing 

Label-free sensitivity improvement has been demonstrated by Barillaro and co-workers by applying a 

novel signal processing technique, instead of the common Fourier transform, for the traditional 

reflectivity measurements of PSi biosensors 19, 20. This method was termed Interferogram Average over 

Wavelength (IAW) and is based on subtracting the reflection spectra intensity of a PSi interferometer 

after and before analyte binding (wavelength by wavelength). This is followed by a simple 

mathematical manipulation of removal of the mean value and application of an absolute value function 

to the resulting interferogram. The final IAW signal is obtained by calculating the average value of the 

processed interferogram over the whole spectral range of interest. This method demonstrated a wide 

dynamic range of 150 pM to 15 µM, and a calculated LOD value of 20 pM for BSA adsorption, as 

depicted in Figure 2.2.6C. The latter represents a four orders of magnitude improvement in the 

sensitivity in comparison to the traditional Fourier transform manipulation of the reflectance spectra of 

http://creativecommons.org/licenses/by/4.0/
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PSi by RIFTS (see Figure 2.2.6D) 20. Later on, this method was also applied for a specific detection of 

TNFα biomarker at a concentration down to 3 nM with a calculated LOD of 200 pM 19. Additional 

sensitivity enhancement, utilizing the IAW method, was demonstrated by exploiting electrical double 

layer-induced ion surface accumulation (EDL-ISA) on PSiO2 surface for refractometric applications 25. 

In this fundamental study, it was shown that for solutions with bulk refractive index variation below 

10-4 RIU (i.e. NaCl and KCl (w/w) < 0.1%), the LOD is improved by two orders of magnitude. This is 

attributed to a surface effect of accumulation of charged cations (Na+ and K+) on the surface of 

negatively-charged PSiO2. For such low concentrations, this surface effect dominates the bulk effect of 

solution refractive index variation within the porous nanostructure. On the contrary, for higher 

concentrations, when the bulk refractive index effect dominates the surface effect, the achieved LOD is 

only ~10-5 RIU (which is in agreement with the other PSi refractometers). The EDL-ISA method 

improves the performance of the PSi-based interferometers to that exhibited by more sophisticated 

photonic and plasmonic sensors 25. 

Figure 2.2.6. IAW method for reflectivity data processing of PSi reflectivity. (A) Raw reflectivity spectra 

of PSi, and (B) interferogram signal calculated by mathematical manipulation of the reflectivity spectra 

for a baseline buffer (black curve) and upon BSA adsorption (red curve). (C) Calibration curve of IAW 

signal for different BSA concentrations and (D) corresponding EOT data obtained upon standard FFT 

analysis, which are below instrumental DL. Reprinted with permission from ref. 20 (Mariani, S.; 

Strambini, L. M.; Barillaro, G. Analytical Chemistry 2016, 88, 8502-8509). Copyright (2016) American 

Chemical Society. 
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Signal Amplification 

One strategy for signal amplification for refractometric-based PSi biosensors is by maximizing the 

refractive index change upon analyte binding. This is achieved by inducing structural changes to the 

PSi nanostructure or by filling the entire porous volume with a substrate that will change or degrade 

upon analyte binding. The basic concept was already reported in 2004 by Steinem et al. 184, where DNA-

induced corrosion of a PSi Fabry-Pérot interferometer was used for monitoring hybridization events 

within the porous layer. The corrosion effect amplified the optical signal upon DNA binding, as the 

EOT decrease ascribed to the PSi dissolution is significantly higher than the EOT increase observed for 

DNA infiltration into the pores, and indeed a LOD value of 0.1 nM was reported in comparison to 

characteristic micromolar values 184. Nevertheless, application of this corrosion-induced biosensing 

concept is limited due to the poor reproducibility and reliability of the results 185. Detection of PNA-

DNA hybridization, which passivates the corrosion effect, results in a 10 nM LOD with a PSi waveguide 

biosensor 237. Alternatively, Lv et al. 199 have recently presented detection of DNA hybridization by 

target labelling with quantum dots (QDs) and a LOD value of 6.97 nM was achieved. A similar 

approach was demonstrated by Gaur et al. 242 in an earlier study for the detection of QD-labeled biotin 

by a streptavidin functionalized-PSi Fabry-Pérot thin film; significant enhancement of three orders of 

magnitude was realized, as shown in Figure 2.2.7A. Signal amplification for DNA detection was also 

achieved by induction of a polymerization reaction within the pores 243 (illustrated in Figure 2.2.7B) 

using PSi functionalized with a capture ssDNA and a target DNA, which is modified with a radical 

polymerization initiator molecule. After the hybridization reaction, a monomer mixture was introduced, 

resulting in a polymerization reaction within the pores and signal amplification, ascribed to the 

significant change in the EOT signal upon polymer formation within the pores. A similar approach was 

utilized by Gooding and co-workers 230 231, who filled the entire porous volume of a PSi photonic crystal 

with a polymeric substrate for an enzyme target. Figure 2.2.7C schematically illustrates the concept 230, 

where introduction of the enzyme resulted in the cleavage of the polymer within the pores, inducing a 

significant change in the reflectivity spectrum and a significant sensitivity enhancement compared to 

previous work 167 by the same group.  

Another method for improving biosensor performance takes advantage of a secondary capture probe, 

as in a sandwich ELISA assay. Szili et al. 244 functionalized PSi with anti-human IgG and, following 

the binding of the target IgG, a secondary antibody labelled with horseradish peroxidase enzyme was 

introduced and subsequently its enzymatic substrate. Thus, this in situ enzymatic reaction within the 

porous nanostructure resulted in a signal amplification and LoD of 1.3 nM was achieved 244. Urmann et 

al. 29 utilized a similar approach, yet much simpler, for detection of protein A. After binding of protein 

A to an aptamer-functionalized PSi, an antibody specific to protein A was introduced and amplified the 

optical signal, leading to a three-fold higher sensitivity (Figure 2.2.7D) 29.  
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Figure 2.2.7. Signal amplification strategies. (A) Reflection spectra for the detection of a QD-labelled 

biotin by a streptavidin-functionalized PSi surface (top), compared to a non-labelled biotin (bottom). 

The former results in a significantly larger spectral shift. Reprinted with permission from ref. 242 (Gaur, 

G.; Koktysh, D. S.; Weiss, S. M. Adv. Funct. Mater. 2013, 23, 3604-3614). Copyright © 2013, John 

Wiley and Sons. (B) and (C) Illustration of two signal amplification strategies, based on inducing a 

polymerization reaction within the pores upon target binding or filling the entire porous volume with a 

substrate for enzymatic cleavage, respectively. Reprinted with permission from ref. 243 and ref. 231, 

respectively. (Holthausen, D.; Vasani, R. B.; McInnes, S. J. P.; Ellis, A. V.; Voelcker, N. H. ACS Macro 

Letters 2012, 1, 919-921); Copyright (2012) American Chemical Society and (Gupta, B.; Mai, K.; 

Lowe, S. B.; Wakefield, D.; Di Girolamo, N.; Gaus, K.; Reece, P. J.; Gooding, J. J. Analytical Chemistry 

2015, 87, 9946-9953); Copyright (2015) American Chemical Society, respectively. (D) Averaged 

relative EOT changes upon exposure of an aptamer-functionalized PSi biosensor to protein A (PA), 

IgG targeting PA or the latter after PA binding. The use of the secondary capture probe results in 

significant signal enhancement. Reprinted with permission from ref. 29 (Urmann, K.; Reich, P.; Walter, 

J.-G.; Beckmann, D.; Segal, E.; Scheper, T. Journal of Biotechnology 2017, 257, 171-177). Copyright 

(2017) Elsevier. 

 

The above approaches for sensitivity enhancement pose drawbacks of indirect analyte detection, they 

require additional experimental steps, as well as the use of reagents. An alternative method for 

sensitivity enhancement, which allows for direct analyte detection, was recently demonstrated by Segal 

and co-workers for DNA 42 and protein 30 targets. Isotachophoresis (ITP), which is an electrokinetic 

technique for concentration and separation of charged analytes 245, was applied on a PSiO2 Fabry-Pérot 

interferometer for real-time and on-chip pre-concentration of a DNA target, allowing for the delivery 
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of a highly-concentrated zone of ssDNA molecules to the biosensor surface, with a 10000-fold 

enhancement in local concentration 42. While most ITP assays are labelled, in this work DNA 

hybridization was realized in a label-free format using RIFTS, and a measured LOD value of 1 nM 

demonstrated. Recently, the group applied this approach for pre-concentration of a his-tagged protein 

target on a PSiO2 thin film functionalized with an anti-his tag aptamer, as schematically illustrated in 

Figure 2.2.8A 30. A measured LOD of 7.5 nM was obtained with an up to 1000-fold enhancement in 

sensitivity compared to a conventional assay (see Figure 2.2.8B)  30. A similar strategy for analyte pre-

concentration was also applied for heavy metal ions on a PSi microcavity by electrochemical reduction, 

followed by reflectivity measurements (Figure 2.2.8C and D, respectively) 193. A LOD value of 1.16 

ppb for cadmium (II) was reported while this method also allowed for separation of interfering metal 

ions by a preliminary electrochemical reduction at specific voltages 193.   

Figure 2.2.8. Signal amplification by target preconcentration. (A) Illustration of ITP method for real 

time preconcentration of a his-tagged protein target on an aptamer-functionalized PSi biosensor 

(bottom), in comparison to a standard (STD) biosensing experiment without ITP (top). (B) Averaged 

relative EOT changes upon 750 nM target binding, with or without ITP application, demonstrating the 

significant enhancement in the signal. Reprinted with permission from ref. 30 

(https://pubs.acs.org/doi/10.1021/acssensors.7b00692). (C) Schematic of the electrochemical cell for 

cadmium (II) reduction on a PSi microcavity and the resulting wavelength shift (D). Reprinted with 

permission from ref. 193 (Tsai, W.-T.; Nguyen, M.-H.; Lai, J.-R.; Nguyen, H.-B.; Lee, M.-C.; Tseng, F.-

G. Sensors and Actuators B: Chemical 2018, 265, 75-83). Copyright (2018) Elsevier. 

 

https://pubs.acs.org/doi/10.1021/acssensors.7b00692
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Luminescent-Based Biosensors 

Sensitive luminescent-based detection with PSi nanostructures has been demonstrated, utilizing the PL 

signal of PSi, or embedding other luminescent molecules within the PSi nanostructure. For instance, 

Iatsunskyi and co-workers demonstrated sensitive toxin detection with gold-coated PSi 197 or 

macroporous Si films 196. Upon target binding to an antibody-functionalized surface, quenching of the 

PSi PL signal was observed and LOD values of 2.5 and 4.4 pg mL-1 were realized for Aflatoxin B1 and 

Ochratoxin A, respectively 196, 197.  A similar biosensing mechanism was demonstrated with a film of Si 

nanowires (NWs) functionalized with antibodies targeting the cardiovascular disorder biomarker, C-

reactive protein (CRP), as schematically depicted in Figure 2.2.9A. Upon CRP binding, quenching of 

the PL signal was observed, resulting in a highly sensitive detection of CRP with a LOD value of 1.6 fM, 

which could be also detected in blood serum samples (Figure 2.2.9B) 208. An array of mesoporous Si 

NWs was also utilized for detection of glucose in the presence of glucose oxidase, based on 

enhancement of the PL signal. The enhancement was observed for higher target concentrations and a 

LOD of 1.06 μM was attained 195. Although measurement of PL can result in sensitive detection, it 

should be noted that the PL of PSi nanostructures tends to be unstable and sensitive to the chemical 

environment. 

An alternative concept utilizes PSi as a host matrix for fluorescent probes, where its role is to enhance 

the fluorescence intensity of the embedded fluorophores. Zhang et al. utilized Rhodamine B as a 

fluorescence label in a PSi Fabry-Pérot film and further stabilized and enhanced the signal by using 

deposited AgNPs. Fluorescence-based detection of an antifreeze protein target (12.7 kDa) was achieved 

with an antibody capture probe, and the sensitivity was further enhanced by tailoring the surface 

chemistry with a LOD value of 16.5 ng mL-1 (1.3 nM) 246. A similar concept was presented by Voelcker 

and co-workers, utilizing resazurin as a label in a microcavity structure for detection of L-Lactate 

dehydrogenase (LDH) 247. In the presence of L-lactate (the enzyme substrate) and the coenzyme NAD+, 

resazurin was reduced to resorufin, resulting in an increased fluorescence emission and a LOD of 

0.08 U mL-1 247. Microcavities can efficiently enhance the fluorescence of fluorophores by tailoring the 

wavelength of the microcavity resonance dip to align with the emission wavelength of the fluorophore 

248. Indeed, in this case a 10-fold signal enhancement of the microcavity was demonstrated in 

comparison to a simple PSi thin film 247. The same group also designed FRET-based biosensors for 

detection of matrix metalloproteinases (MMP) 211, 249 and a bacterial wound infection biomarker, the 

enzyme Sortase A (SrtA) 249. The biosensors comprised a PSi microcavity functionalized with a 

fluorogenic peptide, which served as a substrate for enzymatic cleavage, and the peptide substrate was 

modified with a fluorescent dye and a quencher. Upon introduction of the target enzyme, the substrate 

peptide is cleaved, and the quencher is removed, resulting in fluorescence enhancement, as depicted in 

Figure 2.2.9C. The PSi microcavity structure served as a fluorescence enhancer, resulting in 13-fold 

emission enhancement and emission peak narrowing (Figure 2.2.9D). Based on reflectivity 
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measurements, the LOD for SrtA was 4.6x10-8 M, while fluorescence detection enabled a LOD of 

8.0x10-14 M with an assay time of 30 min 211. In an earlier study, an outstanding LOD value of 7.5x10-19 

M was obtained for MMP-1 with an assay time of 5 min 249. A similar concept was presented by Liu et 

al. 198, with a 14-times higher fluorescence signal enhancement by deposition of TiO2 monolayer onto 

a PSiO2 thin film compared to neat PSiO2 (see Figure 2.2.9F) . These PSiO2 -TiO2 films were used for 

sensitive detection of various mycotoxins (Ochratoxin A, Aflatoxin B1 and Fumonisin B1) by FRET, 

where the PSi-TiO2 film was functionalized with a fluorescently-labelled aptamer capture probe bound 

to a quencher-labelled anti-aptamer sequence. Thus, upon mycotoxin binding, the anti-aptamer-

quencher was released, resulting in a fluorescence signal, as illustrated in Figure 2.2.9E, and the 

achieved LOD values are detailed in Table 2.2.1198. Wang et al. 200 presented a similar strategy by 

depositing gold NPs on a PSi microcavity for fluorescence signal enhancement; DNA hybridization 

was detected with fluorescently-labelled DNA target with a LOD value of 10 pM. 

QDs and more recently carbon dots (C-Dots) have been utilized as a target label to enhance the 

sensitivity in reflectivity-based biosensors, but their infiltration into the porous layer was also proven 

to result in enhanced fluorescence signal 242. Yet, these embedded QDs (or C-dots) also can be exploited 

for label-free biosensing as was recently described by Massad-Ivanir et al. 205. The PSi/C-dots hybrid 

(Figure 2.2.9G) was used for dual mode detection of ATP using both the reflectivity of the PSi and the 

fluorescence signal of embedded C-dots (see Figure 2.2.9H); the LOD achieved via fluorescence 

measurements was orders of magnitude lower. 
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Figure 2.2.9. Sensitivity enhancement of luminescent-based biosensors. (A) SEM micrograph and 

schematic illustration of a Si NWs array functionalized with an antibody targeting CRP and (B) PL 

intensity for different CRP concentrations spiked in blood serum, demonstrating the matching of the 

dynamic range to the critical range for cardiovascular risk in blood. Reprinted with permission from 

ref. 208 (Irrera, A.; Leonardi, A. A.; Di Franco, C.; Lo Faro, M. J.; Palazzo, G.; D’Andrea, C.; Manoli, 

K.; Franzò, G.; Musumeci, P.; Fazio, B.; Torsi, L.; Priolo, F. ACS Photonics 2018, 5, 471-479). 

Copyright (2018) American Chemical Society. (C) Illustration of the FRET-based biosensor for 

detection of SrtA and MMP. A PSi microcavity (left) is functionalized with FRET peptide substrates for 

the enzymes in an array form (middle), which upon cleavage results in fluorescence enhancement 

(right) and (D) fluorescence emission of the SrtA fluorogenic peptide in solution (dashed line) and 
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immobilized on the PSi microcavity (full line) after incubation with SrtA, demonstrating the significant 

fluorescence enhancement feature of the PSi microcavity structure. Reprinted with permission from ref. 
211 (Krismastuti, F. S. H.; Cavallaro, A.; Prieto-Simon, B.; Voelcker, N. H. Advanced Science 2016, 3, 

1500383). (http://creativecommons.org/licenses/by/4.0/); Copyright © 2016 The Authors. (E) 

Schematic of the FRET-based multiplex mycotoxin detection with a PSi-TiO2 structure. (F) Comparison 

of fluorescence intensity of a labelled-aptamer immobilized on a PSiO2-TiO2 and neat PSiO2, 

demonstrating the significant fluorescence enhancement due to TiO2 deposition. Controls are the 

background fluorescence intensity. Reprinted with permission from ref. 198 (Liu, R.; Li, W.; Cai, T.; 

Deng, Y.; Ding, Z.; Liu, Y.; Zhu, X.; Wang, X.; Liu, J.; Liang, B.; Zheng, T.; Li, J. ACS Applied Materials 

& Interfaces 2018, 10, 14447-14453). Copyright (2018) American Chemical Society. (G) Confocal 

laser scanning microscopy projection images of a neat PSiO2 (a), C-dots/PSiO2 hybrid (b) and the 

hybrid in which the fluorescence signal of the C-dots is falsely coloured red to aid observation (c). (H) 

Fluorescence based-detection of ATP with the embedded C-dots in the PSiO2 layer (left) results in more 

than 50-times lower LOD compared to reflectance-based detection (right). Reprinted with permission 

from ref. 205 (Massad-Ivanir, N.; Bhunia, S. K.; Raz, N.; Segal, E.; Jelinek, R. Npg Asia Materials 2018, 

10, e463). (http://creativecommons.org/licenses/by/4.0/). 

Other Optical Transduction Mechanisms 

PSi has also been utilized as a solid support, exploiting the advantage of its enhanced surface area for 

colorimetric analyte detection. These biosensors involve enzymatic reaction to produce a color product 

that can be measured with ultraviolet–visible (UV-Vis) spectroscopy. The analyte detection is indirect 

and requires the addition of other reagents. Lasmi et al. 194 immobilized Tyrosinase on a PSi thin film 

and the small molecule pyrocatechol (110 g mol-1) was detected indirectly by UV-Vis absorbance 

measurements of the enzymatic reaction product. A LOD value of 0.43 μM was achieved, but required 

also the addition of a chemical enzymatic product stabilizer 194. Ramakrishan et al. 210 constructed a PSi 

microcavity functionalized with a peptide antigen for colorimetric detection of a target antibody. The 

assay was performed similarly to ELISA utilizing a secondary horseradish peroxidase (HRP)-labelled 

antibody; a LOD of 10 fg mL-1 was attained with a 1000-fold enhancement compared to similar flat Si 

surface-based biosensors, demonstrating the advantage of the large surface area and the light enhancing 

properties of PSi 210. 

Additionally, in situ synthesis of metal NPs within the porous nanostructures results in Raman 

enhancement, enabling sensitive SERS-based detection 203, 204, 250, 251, of multiple targets such as 

microRNA 203, 250 and Glutathione 204 (LOD values are specified in Table 2.2.1). 

Real Sample Analysis  

Proving relevant sensitivity in a clean buffer is not sufficient for clinical application since in most cases 

targets are outnumbered by a million fold of non-target species in real clinical samples 4. The required 

specificity and the ability of the biosensor to remain active in a complex biological fluids is the ultimate 

challenge in a biosensor construction. Signal stability, cross-reactivity and background noise are only 

part of the encountered issues. Although most of the works demonstrate biosensor specificity by the 

ability to discriminate between a target and a non-target in a clean buffer, application of the biosensors 

in real clinical specimens is limited. Bonanno and De Louise 178 were the first to demonstrate a label-

free PSiO2-based biosensor for detection of IgG in whole blood and serum samples. The pore 

http://creativecommons.org/licenses/by/4.0/
https://www.ncbi.nlm.nih.gov/pmc/about/copyright/
http://creativecommons.org/licenses/by/4.0/
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dimensions of the PSiO2 were tailored to size-exclude cells and large proteins from infiltrating into the 

porous nanostructure while enabling the entrance of the IgG target. The biosensor’s stability was 

enhanced with a buffer containing trehalose and non-specific binding was minimized by blocking with 

BSA. Whole blood and serum samples were directly analyzed by the biosensor and successful detection 

of IgG in a clinically relevant range was demonstrated, with a comparable performance to an ELISA 

assay 178. In a later study, the same group demonstrated indirect detection of opiates in undiluted urine 

samples by using a Bragg-mirror-based biosensor in a competitive assay with an antibody probe. 

Optimization of the chemistry, BSA blocking and the volume of the urine specimen applied to the 

sensor enabled tunable specificity and a relevant detection range 252, 253. Additional real samples that 

were analyzed with PSi-based optical biosensors include different water samples 177, 193, 254, cereal 

samples 198, cell cultures 230, 231, bacteria lysates 26, 30, 186, RNA cell extracts 203, and blood serum 204, 208-

210. Substantial advancements in real sample analysis has been also achieved by the group of Voelcker, 

designing PSi-based biosensors for enzyme 211, 249 and glucose 255 detection in wound fluids, unmodified 

211 or diluted by ten-fold 249, 255, as well as more recently insulin detection in human islets of Langerhans 

28, 32. The group also studied the ability of a PSi-based biosensor to perform in vivo using a thermally-

hydrocarbonized rugate filter which was implanted subcutaneously in a mouse model, as shown in 

Figure 2.2.10 (top panel) 256. The optical signal could be clearly read through the skin of living mice 

one week after implantation, proving its optical functionality, as shown in Figure 2.2.10 (bottom panel). 

The work emphasized the importance of surface stabilization for minimizing structure dissolution in 

physiological media and thermal-hydrocarbonized PSi was found to outperform thermally-oxidized 

PSi. Moreover, mitigation of cytotoxicity was achieved by pre-incubating the structures in cell medium 

for ten days prior to implantation 256.  
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Figure 2.2.10. Top: Images showing the reading of the implanted pre-incubated thermally 

hydrocarbonized (PITHC) PSi rugate filter through the skin of a mouse. Bottom: photonic peaks of 

“Green” and “Far Red” PITHC PSi rugate filter being read through the skin, along with the optical 

reflectance of these rugate filters immersed in water and the reflectance of a blank skin section. 

Reprinted with permission from ref. 256 (Tong, W. Y.; Sweetman, M. J.; Marzouk, E. R.; Fraser, C.; 

Kuchel, T.; Voelcker, N. H. Biomaterials 2016, 74, 217-230). Copyright (2016) Elsevier.  

Two additional important features that should be considered for real sample analysis are the capture 

probe, which determines the specificity, and surface blocking for minimizing non-specific binding. 

Aptamers have been suggested as good candidate for analyte detection in complex media due to their 

stability and high affinity. Indeed, recent PSi-based optical aptasensors have been able to perform in 

complex media of bacteria lysates 26, 30, cereal samples 198 and human islets of Langerhans 28, 32. It should 

be also emphasized that the biosensing performance could be further improved by custom selection of 

the aptamer directly in the complex fluids, which would further improve the stability and functionality 

in these environments 257. 

As mentioned in “Surface Chemistry” Section, blocking of the unreacted surface sites following 

bioreceptor immobilization is a key step to prevent nonspecific binding. Carbodiimide or 

glutaraldehyde bioreceptor coupling are the most common conjugation approaches and in these cases, 

blocking is performed with amine-containing molecules to block residual surface active sites. These 

include small molecules, such as  Tris 26, 30 , ethanolamine 177, 211 and glycine methyl ester 186, or proteins 

such as BSA. The latter is a common blocking agent for biosensors in real samples 178, 203, 210, 252, 253. An 

additional approach for blocking is by PEG passivation that was found to prevent nonspecific binding 

258-260. For example, bis PEG-amine (with a molecular weight of 3000) was used to block residual active 

NHS sites and passivate the surface, successfully preventing non-specific binding in undiluted human 

islet fluid 28, 32. 
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Additional strategies to improve specificity include sample pre-treatment or application of sample 

separation techniques. Real sample pre-treatment steps, such as filtration 186, 198 or dilution with a buffer 

249, 255 minimize the background noise, but also add significant complexity to the experimental assay. 

Moreover, sample dilution also dilutes the target analyte and thus raises the sensitivity challenge. Pre-

separating the target from interfering species within the complex fluid has been shown to improve 

specificity. For example, the ITP method separates ionic species based on their effective electrophoretic 

mobility and its application on a PSi biosensor resulted in a real time formation of a neat target zone 

that could be detected separately from other interfering species in the sample 30, 42. In a similar strategy, 

an electrochemical reduction was used to pre-remove interfering metal ions from a tested sample for 

detection of a specific metal ion 193.  

Emerging Applications: Towards Point-of-Care Devices 

In recent years, PoC adaptation of constructed biosensors is gaining significant interest. This includes 

means such as microfluidic integration, smartphone connection and multiplexing to obtain biosensors 

that could perform outside traditional laboratory settings. For PSi-based optical biosensors, 

advancements in the former two aspects is yet limited, while the latter was more extensively studied 

over the past years. This section will highlight the recent advances in each aspect and finally discuss 

some intriguing applications.    

Microfluidic Integration and Smartphone Connection 

Introducing microfluidics to biosensors has gained much interest in the past decade, as it serves as an 

integrating force for PoC devices. It enables portability, assay automation, lower consumption of 

reagents and shorter assay time 34, 261. PSi-based optical biosensors have been integrated with 

microfluidic devices, mainly fabricated from PDMS 23, 30, 42-45, 241, 262. PDMS flow cells are usually 

constructed by replica molding from a master template, created by soft lithography, and sealed with PSi 

by plasma activation. The advantages of microfluidic integration have been proven by DeStefano and 

co-workers 44, 46, 263. During biofunctionalization of a microfluidic-integrated biosensor, a reduction in 

sample volume from 30 µl to less than 5 µl was achieved. The optical signal observed was higher and 

the process time was shortened from an overnight treatment to 3 h, when compared to a non-integrated 

biosensor. The former was attributed to a higher ratio of surface active sites to applied probe 

concentration, while the latter to a shortened diffusion time in the nanoliter volume of the microchannel, 

compared to a microliter volume scale 44, 46. Microfluidic integration also allows the implementation of 

electrokinetic techniques, such as ITP 30, 42, as described in Section “Signal Amplification”.  

Utilizing smartphones for detection in a biosensing platform has the potential to significantly reduce 

the cost and complexity of the assay and allow portability, replacing laboratory instruments such as 

spectrometers and microscopes 264, 265. Smartphones have been already integrated with various optical 

detection schemes, including a label-free photonic crystal biosensor 266. The feasibility of employing 

smartphones for readout analysis of PSi-based optical biosensors was also recently demonstrated by 
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correlating the reflectivity changes upon molecular binding to changes in the light intensity of a digital 

image 267-269. Cao et al. 270 presented glucose and protein detection by this correlation, with a LOD of 

7x10-4 RIU. Additionally, a colorimetric-based assay on a PSi microcavity biosensor, similar to a 

sandwich ELISA, was also monitored with a smartphone camera followed by image RGB intensity 

analysis 210. 

Multiplexing 

Microarray technology is the most accepted way to achieve miniaturization, high-throughput analysis, 

and multi-target detection. PSi has been well-studied in the past two decades as a substrate for 

microarray construction. An array of sensing spots can be achieved by three main fabrication routes: 

pre-patterning of PSi regions on a crystalline Si, chemical patterning of PSi at specific positions, or by 

capture probe spotting via printing techniques. Pre-patterning of PSi on top of a Si wafer is most 

commonly achieved by photolithographic techniques such as the deposition of a masking layer followed 

by an etching process 271-277. For example, an array of PSi Bragg mirrors was fabricated by Rea et al. 278 

utilizing a Si nitride mask with the desired array pattern. The process required pre-deposition of Si 

nitride on the Si substrate followed by patterning using photolithography and reactive ion etching, as 

illustrated in Figure 2.2.11A. The resulting array was employed for simultaneous reflectivity 

measurements of complementary DNA hybridization to immobilized probes in parallel to a control of 

non-complementary ssDNA, see Figure 2.2.11B 278. Novara et al. 203, 279 presented a simpler method for 

patterning utilizing patterned PDMS as a masking layer during the etching process. Partially cured 

PDMS was also used to detach the freshly etched PSi, creating PSi membranes on a PDMS substrate, 

which were further sealed with PDMS resulting in microfluidic chambers 203, 279; simultaneous label-

free multianalyte detection of four model oligonucleotides was successfully demonstrated, as shown in 

Figure 2.2.11C and 2.2.11D 279. Other methodologies for PSi pre-patterning include ion beam metal 

deposition followed by metal-assisted etching280, dry-removal soft lithography with a PDMS stamp281, 

and direct UV laser writing282.  
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Figure 2.2.11. PSi microarray biosensing platforms, constructed by PSi pre-patterning. (A) Microarray 

construction by pre-patterning Si wafer via a photolithographic process. (B) Reflective-based detection 

of a complementary DNA hybridization, in parallel to a non-complementary control. Reprinted with 

permission from ref. 278 (Rea, I.; Lamberti, A.; Rendina, I.; Coppola, G.; Gioffrè, M.; Iodice, M.; 

Casalino, M.; Tommasi, E. D.; Stefano, L. D. Journal of Applied Physics 2010, 107, 014513). Rights 

managed by AIP Publishing. (C) PSi patterning by PDMS masking. (a) PDMS precursor mixture is 

spread on a smooth surface and covered with  a patterned PDMS cover (b); the latter is than removed 

(c) resulting in a stamp of the cover pattern on the silicon dice (d); (e) patterned PSi after HF 

anodization; (f) partially cross-linked PDMS is used (f) to transfer the PSi membranes to the PDMS 

substrate (g); (h) The PSi membranes are coated with silver nanoparticles and sealed with a PDMS, 

resulting in an optofluidic chip. (D) Multianalyte SERS-based detection. (a) SERS spectra of 

Polyadenine (polyA), polycytosine (polyC), polyguanine (polyG) and polythymine (polyT) in four 

different chambers. The oligonucleotides solutions are introduced into the four chambers. The SERS 

signal was recorded under 20X objective of the Raman microscope. The spectra were recorded at 514.5 

nm after drying. (D) A picture of the four-chamber optofluidic chip. Reprinted with permission from 

ref. 279 (Novara, C.; Lamberti, A.; Chiadò, A.; Virga, A.; Rivolo, P.; Geobaldo, F.; Giorgis, F. RSC 

Advances 2016, 6, 21865-21870). Copyright © The Royal Society of Chemistry 2016. 

The second level of microarray construction is at the chemical functionalization process. Gooding and 

co-workers 283, 284 have chemically patterned thermally hydrosilylated PSi rugate filters by 

microfabrication and surface chemistry. A desired array pattern was created by titanium deposition, 

followed by photolithography and wet etching. Two different click reactions were then carried out, 

before and after removal of the titanium layer, creating an array of different chemical functionalities 

inside and outside the array spots 284. In a follow up work, the use of the metal protection was eliminated 

and only a photoresist was utilized for the array patterning by photolithography. High throughput 

reflectivity measurements were successfully carried out in an array format, demonstrating enzymatic 

cleavage of gelatin substrate within the array spots, by subtilisin enzyme 283.  

Another strategy for chemical microarray construction is contact pin-printing. Bright and co-workers 

have thoroughly investigated this approach for creating an array of chemical functionalities on PSi 
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surfaces, by printing organosilanes or hydrosilylating agents 285-288. Printing was also utilized for 

dispensing capture probes at specific array positions and early work by Laurell and co-workers 289, 290 

has successfully demonstrated high-throughput fluorescence detection of labelled antibody or labelled-

prostate specific antigens using a macroporous Si substrate. In recent years simultaneous fluorescent 

multi-target detection was realized by dispensing different probes for multiple targets on PSi substrates 

198, 209, 211. Microarrays could be also fabricated during the chemical modification of a PSi surface, by 

masking via a photolithographic process. This approach was presented by Wang et al. 291, who created 

a DNA microarray on a polymer-modified PSi surface, masked with a photoresist in a desired pattern, 

demonstrating simultaneous two color fluorescent detection when two different probes were printed at 

specific spot positions. It should be noted that fluorescence detection dominates in microarray-

integrated PSi sensors, while reflection-based detection is still in its infancy. This is attributed to the 

availability of well-established automated fluorescence imaging systems, while reflection-based 

detection was achieved by utilization of an XY automated stage for real-time reflectivity measurements 

from precise array positions 283. Additionally, in recent years, work has been done for developing digital 

imaging of PSi arrays and correlating the reflectivity changes to the brightness variation of the digital 

image. This enables faster, simpler and high-throughput data acquisition 267-269. 

Besides microarray technology, multi-target detection can be also attained by alternative strategies. For 

example, Sailor and co-workers encoded a spectral barcode into PSi microparticles via a programmable 

electrochemical etching process, and utilized them for multiplex DNA detection 292. Krismastuti et al. 

293 have integrated their previously constructed FRET-based biosensor for MMPs detection 249 with 

magnetic immunoparticles (nanoparticles functionalized with antibodies targeting different MMPs). 

MMPs captured by the immunoparticles were then introduced into a PSi microcavity, functionalized 

with a peptide substrate for enzymatic cleavage. The latter resulted in fluorescence signal based on a 

FRET mechanism, allowing to successfully distinguish between two different MMP targets in a buffer 

and a chronic wound fluid 293.  

Emerging Applications 

Throughout this review, various applications have been described, which are also summarized in Table 

2.2.1. These include medical diagnostics and disease monitoring using biosensors targeting pathological 

condition biomarkers 27, 208, 247, such as protein biomarkers for cancer 209, hydatid disease 233, 

inflammation and sepsis 19 and wound infection and healing 211, 249, 293, as well as detection of medically-

relevant antibodies 210. Numerous platforms for oligonucleotide detection have been designed, as 

summarized in Table 2.2.1, including miRNA detection 203, 250. Additionally, detection of clinically-

relevant small molecules, such as insulin and glucose, was also realized 28, 32, 195, 255. A promising medical 

application of immense potential is the evaluation of antibiotic susceptibility. Extensive antibiotic use 

has led to an antimicrobial resistance crisis in the world 294. Leonard et al. designed a Si micropillar 

structure for determination of the correct type and concentration of an antimicrobial agent effective 
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against infection. The microstructures were used to colonize E. coli as model bacteria and enable optical 

monitoring of the bacterial response to different concentrations of antibiotics using reflectance 

spectroscopy (named the PRISM method). The minimal inhibitory concentrations (MIC) could be 

determined in a label-free and rapid manner (3 h versus 8 h) compared to standard methods utilized in 

the clinic (Figure 2.2.12A and B) 295.  

Si-based optical biosensors for applications relevant for the food industry include the detection of 

infectious microorganisms and various toxins 196, 197, 212, 219, 296. The platforms were even applied in food 

industry process water 177 and cereal samples 198. Nevertheless, it should be noted that detection of 

Figure 2.2.12. (A) Schematic illustration of PRISM assay for monitoring bacterial response to 

antimicrobial agents. Bacterial suspension or antibiotics in growth medium are injected into a 

microfluidic-integrated Si micropillar structure. At the first stage, bacteria are seeded on the Si 

microstructures (seeding), followed by antibiotic introduction and incubation. This leads to either 

increased bacterial proliferation at ineffective sub-inhibitory concentrations and an increased 2nL value 

or to growth hindrance and cell death above MIC and a decreased 2nL value. (B) MIC determination for 

E. coli K12 by PRISM and standard clinical methods (broth microdilution testing (BMR) and VITEK 2). 

Reprinted with permission from ref. 295 (Leonard, H.; Halachmi, S.; Ben-Dov, N.; Nativ, O.; Segal, E. ACS 

Nano 2017, 11, 6167-6177). Copyright (2017) American Chemical Society. (C) Schematic presenting the 

alkyl-terminated PSi nanoparticles for detection of copper ions. (D) The constructed portable detection 

stick. Top: presenting the orange-red fluorescence signal under UV excitation; bottom: fluorescence signal 

quenching in response to 10 mM CuCl2 solution, dropped onto the two films on the right. Reprinted with 

permission from ref. 254 (Hwang, J.; Hwang, M. P.; Choi, M.; Seo, Y.; Jo, Y.; Son, J.; Hong, J.; Choi, J. 

Scientific Reports 2016, 6, 35565). (http://creativecommons.org/licenses/by/4.0/). 

http://creativecommons.org/licenses/by/4.0/
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microorganisms is still limited to model bacteria, mainly E. coli. In terms of environmental monitoring, 

biosensors have been designed for detection of heavy metals 192, 193, 297. An example for PoC adaptation 

can be found in the work of Hwang et al. They integrated alkyl-terminated PSi nanoparticles for 

detection of copper ions based on PL quenching into two different detection kits: a 96-well paper kit 

and a portable detection stick (Figure 2.2.12C and D). Monitoring of copper ions in tap water was 

reported 254. Other applications worth mentioning are the use of PSi membranes for optical monitoring 

of DNA translocation events for DNA sequencing applications, demonstrated by Yamazaki et al. 298-301, 

and the construction of lipid bilayer membranes on PSi substrates for monitoring membrane-associated 

processes or targets 262, 302. 

Conclusions and Outlook 

Following the research work of more than two decades, the basic technology of PSi-based optical 

biosensors is already established, including the structure, chemistry, and application in various fields. 

Thus, the work in the field has shifted in recent years towards improvement and extension of 

capabilities: sophisticated structures have and are continuing to be developed, the chemistry continues 

to be improved for higher stability and multiple functionalities and new capture probes are being 

integrated and studied. The challenge of acquiring clinically relevant sensitivity is gaining more 

attention and more research is dedicated to sensitivity enhancement and strategies for signal 

amplification. Moreover, the need for PoC devices has driven progress in this direction, as well. 

Although PSi presents beneficial features compared to other planar photonic sensors, the sensitivity is 

not sufficient for all applications. Achieving a clinically relevant detection is possible using 

luminescent-based transduction approaches with PSi biosensors. However, these biosensors often 

require target, probe or structure labelling, utilization of a secondary labelled probe or addition of 

external components, resulting in complex biosensing platforms. For refractometric-based transduction 

with PSi biosensors, a label-free and direct target detection is feasible, which is highly desired for both 

benchtop and PoC devices. Nevertheless, the sensitivity of label-free PSi biosensors compared to 

luminescent-based biosensors is limited. Therefore, in recent years, the main focus has been to develop 

strategies to enhance the sensitivity and detection limit of these platforms using approaches ranging 

from tuning of the intrinsic structure, chemistry and capture probe features to modification of the 

experimental setup and data analysis procedures. Additionally, several efficient strategies for signal 

amplification have been demonstrated over the past three years. Yet, a robust and generic method for 

sensitivity enhancement that enables PSi optical biosensors to achieve the necessary detection limit for 

all desired application areas is still missing and studies in this path are expected to carry on.  

An additional and necessary challenge to tackle is target detection within real samples. Although 

progress in the direction of in-vivo monitoring with a PSi platform has been recently demonstrated, 

examples of monitoring in complex biological fluids with PSi-based optical biosensors are still quite 

limited. Minimizing cross reactivity and non-specific binding and improving biosensor and signal 



Literature Survey 

53 
 

stability in complex fluids should continue to be studied in the future. Aptamers are promising capture 

probes for these purposes and are gaining significant popularity since their first integration in PSi 

biosensors in 2015. This trend is anticipated to continue, as aptamer technology is also advancing, and 

more aptamers are being selected for various targets.  

Lastly, there is strong demand for PoC adaptation of biosensors in recent years and several steps in that 

direction have commenced for PSi optical biosensors. Methods for constructing microarrayed PSi 

biosensors is well-studied, which paves the way for miniaturization, multi-target detection and high-

throughput analysis. Additionally, basic microfluidic and smartphone integration of PSi biosensors has 

been demonstrated. All these means illustrate the potential of developing PoC PSi-based optical 

biosensors, and in the future this topic is anticipated to sustain high attention. 
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3. Research Aims and Motivation 

3.1 Research Aims 

The main aim of this research is to characterize PSi-based optical biosensors for protein targets and 

their limiting factors and to rationally design methods for the enhancement of their performance, such 

as sensitivity and response time. As a model platform, PSi Fabry Pérot thin films are functionalized 

with aptamers for specific capture of target proteins. We aim to investigate theoretically and 

experimentally mass-transfer phenomena and reaction kinetics in these biosensors and develop rule of 

thumbs for their optimization. 

The specific aims of this research include: 

a. Fabrication of PSi Fabry Pérot thin films and conjugation with aptamers specific for target 

proteins. Aptamer immobilization and functionality will be characterized, and their 

performance as capture probes on a PSi-based biosensor will be compared to conventional 

antibody capture probes. 

b. Theoretical modelling of the governing phenomena of target capture by PSi-based biosensors. 

Numerical simulations will be performed to investigate the effect of biosensor characteristics 

on the target capture rate.  

c. Design and study of methods for performance enhancement of PSi-based biosensors. These 

include mass transfer acceleration such as application of isotachophoresis technique for real-

time on-chip protein preconcentration and microfluidic integration. 3D printing will be studied 

as a fabrication method of the latter. 

d. Application for cancer biomarker detection. The biosensor will be investigated in complex 

body fluids. 

3.2 Motivation 

PSi-based optical biosensors have been widely studied over the past two decades for various target 

molecules. Nevertheless, the promising advantages of the PSi nanostructure, which include its high 

surface area, low cost fabrication and unique optical properties, have not been translated to clinically-

applicable platforms. Irrelevant sensitivity and response time have been often encountered and orders 

of magnitude differences between theoretical and experimental performance. This research aims to 

elucidate the limiting factors of PSi-based biosensors and develop a useful model, which could lead the 

rational design of these biosensors. Furthermore, development of simple methods for sensitivity 

enhancement of PSi-based biosensors, as well as their microfluidic integration, can raise their potential 

for clinical application at the point-of-care, while exploiting the advantages of the PSi nanostructure.
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4. Experimental 

4.1 Materials 

Reagents and Buffers. Highly doped p-type Si wafers (boron doped, 0.90-1.0 mΩ·cm resistivity, 

<100>-oriented) were purchased from Sil'tronix Silicon Technologies. Ethanol absolute, toluene and 

isopropyl alcohol were supplied by Bio-Lab ltd. Dimethyl sulfoxide (DMSO) was purchased from Carlo 

Erba Reagents. Alexa Fluor® 488 Succinimidyl Ester was purchased from ThermoFisher Scientific. 

Sylgard® 184 Silicon Elastomer kit (Polydimethylsiloxane, PDMS) was purchased from Dow Corning. 

Aqueous HF (48%), (3-aminopropyl)triethoxysilane (APTES), ethyldiisopropylamine (DIEA), 

glutaraldehyde 25% solution (GA), ethanolamine, N-(3-Dimethylaminopropyl)-N-ethylcarbodiimide 

hydrochloride (EDC), acetonitrile (ACN) succinic acid, succinic anhydride, sodium cyanoborohydride, 

sodium dodecyl sulfate (SDS), N-Succinimidyl 3-(2-pyridyldithio)propionate (SPDP), DL-

Dithiothreitol (DTT), Bis(2-hydroxyethyl)amino-tris(hydroxymethyl)methane (Bis-Tris), N-[Tris 

(hydroxymethyl) methyl] glycine (Tricine), morpholinoethanesulfonic acid (MES), MES sodium salt, 

Tris base, Nα-benzoyl-L-arginine ethyl ester (BAEE) and buffer salts were supplied by Merck. Buffers 

were prepared with deionized water (18.2 MΩ cm, ddH2O) and filtered prior to use. Buffers included 

10 mM phosphate buffered saline (PBS) composed of 137 mM NaCl, 2.7 mM KCl, 10 mM Na2HPO4 

and 2 mM KH2PO4 (pH 7.5), 0.5 M MES buffer prepared from 0.27 M MES and 0.23 M MES sodium 

salt (pH 6.1) and Tris buffer composed of 50 mM Tris base (pH 7.4).  

Aptamers and Selection Buffers. Anti-his-tag aptamer 6H7 (5’- GCT ATG GGT GGT CTG GTT GGG 

ATT GGC CCC GGG AGC TGG C - 3’) sequence was taken from U.S. patent 7329742 303 and 

purchased with a 5’-amino modification or 5’ thiol modification and 3’ 6-FAM modification from 

Integrated DNA Technologies. Anti-his tag selection buffer (SB) was composed of 50 mM K2HPO4 and 

150 mM NaCl (pH 7.4) and anti-his tag elution buffer was composed of 50 mM K2HPO4, 150 mM 

NaCl, and 1 M Imidazole (pH 7.4). Anti-AGR2 aptamer sequence (5’-TCT-CGG-ACG-CGT-GTG-

GTC-GGG-TGG-GAG-TTG-TGG-GGG-GGG-GTG-GGA-GGG-TT-3’) was obtained from Wu et al 

304 and was purchased with a 5'-amino modification or 5’ thiol modification and 3’ 6-FAM modification, 

or 5'-amino modification and 3'-Cy5 fluorescent dye modification from Integrated DNA Technologies. 

Anti-AGR2 aptamer SB was composed of 137 mM NaCl, 20 mM KCl, 10 mM Na2HPO4 and 2 mM 

KH2PO4 (pH 7.4). Anti-protein A aptamer, selected by Stoltenburg et al 305, was used in truncated form 

PA#2/8[S1-58]: 5’- ATA CCA GCT TAT TCA ATT AGC AAC ATG AGG GGG ATA GAG GGG 

GTG GGT TCT CTC GGC T-3’, and purchased with a 3’-amino-C6 modification. Its SB was composed 

of 20 mM Tris base, 100 mM NaCl, 5 mM KCl, 10 mM MgCl2, and 1 mM CaCl2. Table 4.1 summarizes 

the details of the utilized aptamers. 
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Table 4.1. Details of studied aptamers. 

Aptamer Sequence Modification Selection Buffer 

Anti- 

his tag 

5’- GCT ATG GGT GGT CTG 

GTT GGG ATT GGC CCC GGG 

AGC TGG C - 3’ 

5’-amino 

 

5’ thiol and  

3’ 6-FAM 

50 mM K2HPO4 and 150 

mM NaCl (pH 7.4) 

Anti-

AGR2 

5’-TCT-CGG-ACG-CGT-GTG-

GTC-GGG-TGG-GAG-TTG-

TGG-GGG-GGG-GTG-GGA-

GGG-TT-3’ 

5'-amino 

 

5’ thiol and  

3’ 6-FAM 

 

5'-amino and  

3'-Cy5 

fluorescent dye 

137 mM NaCl, 20 mM 

KCl, 10 mM Na2HPO4 

and 2 mM KH2PO4 (pH 

7.4) 

Anti-

protein A 

5’- ATA CCA GCT TAT TCA 

ATT AGC AAC ATG AGG 

GGG ATA GAG GGG GTG 

GGT TCT CTC GGC T-3’ 

3’-amino-C6 

20 mM Tris base, 100 

mM NaCl, 5 mM KCl, 

10 mM MgCl2, and 1 

mM CaCl2 

  

Proteins. Mouse anti-his monoclonal antibody (catalogue number MCA1396) was obtained from Enco. 

Streptavidin, biotinylated protein A and recombinant protein A from human serum were purchased from 

Merck. His-tagged protein domain 4 (AbnA-D4) and domain 2 (AbnA-D2) of extracellular endo-alpha-

(1->5)-L-arabinanase 1 (from Geobacillus stearothermophilus T-6, expressed in Escherichia coli) were 

generously supplied by Prof. Yuval Shoham, Technion. 6xhis tyrosinase from Bacillus megatherium 

(recombinant, expressed in Escherichia coli) was generously supplied by Prof. Ayelet Fishman, 

Technion. AGR2 protein was purchased from MyBioSource Inc. Trypsin from porcine pancreas, 

Bovine Serum Albumin (BSA), and pancreatin from porcine pancreas (4x USP) were purchased from 

Merck. Rabbit Immunoglobulin G (IgG) was purchased from Jackson ImmunoResearch Labs Inc. E. 

coli K12 was generously supplied by Prof. Sima Yaron, Technion. E. coli was cultured in Luria broth 

(LB) medium (10 g L-1 casein peptone, 10 g L-1 NaCl, 5 g L-1 yeast extract, all purchased from Merck).  

4.2 Biosensor Construction 

The studied biosensors include several PSi-based aptasensors and a representative immunosensor, as 

detailed in Table 4.2. All biosensors employ a similar PSi nanostructure as the optical transducer and 

capture probe molecules (aptamer or antibody) are immobilized onto the surface. 
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Table 4.2. Properties of the studied capture probe and target protein pairs. 

Aptamer/Antibody Target 
Molecular Weight 

(kDa) 
Literature KD 

Anti-his tag aptamer AbnA-D2 60 

~4.6 µM306 Anti-his tag aptamer AbnA-D4 24 

Anti-his tag aptamer Tyrosinase 35 

Anti-his tag antibody Tyrosinase 35 ~10 nM307 

Anti-AGR2 aptamer AGR2 22  ~13 nM304 

Anti-protein A aptamer Protein A 45 ~0.522 µM305 

 

4.2.1 PSi Fabrication 

PSi Fabry-Pérot thin films are fabricated from a highly doped p-type crystalline Si wafers, using a two-

step anodic electrochemical etching process 16. This process is required to remove a sacrificial layer 

formed at the initial etching process, in which the pores are partly blocked. A Si wafer with exposed 

area of 1.33 cm2 is contacted on its back side with a strip of aluminum foil and mounted in a Teflon 

etching cell and a Platinum wire is used as the counter electrode. Caution: HF is a highly corrosive 

liquid thus should be handled with extreme care! First, a sacrificial layer is etched at a constant current 

density of 300 mA cm-2 or 375 mA cm-2 for 30 s in a 3:1 (v/v) solution of aqueous HF (48%) and 

ethanol, respectively. The resulting sacrificial porous layer is removed by exposure to 0.1 M NaOH for 

2 min, followed by a 1 min exposure to a solution of 1:3:1 (v/v) HF, ethanol and ddH2O, respectively. 

Next, a second etching is conducted, at the same etching conditions as above. After each step, the silicon 

surface is thoroughly rinsed with ethanol and dried under nitrogen stream. The freshly etched PSi is 

thermally oxidized in a tube furnace (Thermo Scientific, Lindberg/Blue M™ 1200 °C Split-Hinge) at 

800 °C for 1 h in ambient air, resulting in an oxidized PSi scaffold 159.  

For ITP experiments, prior to the etching process, the Si wafers are cleaned in an ultrasonic bath 

(Elmasonic S 10, Elma Schmidbauer GmbH) in isopropyl alcohol for 15 min, rinsed with ethanol and 

dried under nitrogen stream. The freshly etched PSi is then thermally oxidized in a tube furnace 

(thermolyne) at 1000 ˚C for 46 h under constant oxygen flow of 0.5 L min-1. These harsh oxidation 

conditions are employed to ensure an insulting oxide layer, capable to withstand high voltage values 30, 

42. 
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4.2.2 PSi Nanostructure Characterization 

Scanning electron microscopy (SEM). The oxidized PSi nanostructure, pore diameter and film 

thickness are characterized by high-resolution scanning electron microscopy (Carl Zeiss Ultra Plus), at 

an accelerating voltage of 1 keV. 

Spectroscopic liquid infiltration method (SLIM). SLIM is a non-destructive method used to determine 

the thickness and porosity of the porous layer. The interferometric reflectance spectrum of the porous 

film is measured in air and while immersed in ethanol and acetone, having refractive indices of 1.359 

and 1.357, respectively. The refractive index of the SiO2 portion is assumed to be 1.455. The optical 

parameters from the reflectance spectra are then fitted to a Bruggeman effective medium approximation, 

yielding the thickness and the porosity of the porous layer.  

4.2.3 Surface Chemistry 

4.2.3.1 Capture Probes Immobilization 

Aptamer Immobilization. Amino-terminated aptamers are conjugated to the oxidized PSi films by 

carbodiimide coupling chemistry. In general, this includes amino-silanization with APTES, followed 

by surface carboxylation and activation with EDC; the latter replaced by the amine-terminated aptamer. 

Two slightly different protocols were used for the different aptamers, differing in the solvents and 

materials in the amino-silanization and carboxylation processes. For the anti-AGR2 aptamer 

immobilization, the oxidized PSi film is amino-silanized by incubation in 1% v/v APTES and 1% v/v 

DIEA in ddH2O solution for 1 h, followed by washing with ddH2O and ethanol and drying under a 

nitrogen stream. Subsequently, the amino-activated PSi samples are annealed at 100 ºC for 15 min. 

Next, carboxylation is achieved by incubation in a solution of succinic anhydride (10 mg mL-1) and 

2% v/v DIEA in ACN for 3 h, followed by extensive rinsing with ACN and ddH2O and drying under a 

nitrogen stream.  

The anti-his-tag aptamer, 6H7, and the anti-protein A aptamer are immobilized by the method described 

by Urmann et al 26, 29. The oxidized PSi films are reacted with a solution of 42 mM APTES in toluene 

for 1 h, followed by a thorough rinsing with toluene, ethanol and acetone and drying under a nitrogen 

stream. A similar annealing step is then performed, as described above. The APTES-modified surface 

is then incubated in a solution of 100 mg of succinic acid in 4.7 mL of DMSO and 300 μL of 0.1 M 

NaHCO3 (pH 9.4) for 30 min, followed by washing with DMSO and ddH2O and dried under a stream 

of nitrogen. 

Subsequently, for both systems, the carboxylated samples are reacted with EDC (10 mg mL-1) in the 

corresponding selection buffer (SB) for 1 h, followed by introduction of 50 µM anti-AGR2 aptamer or 

75 µM anti-his tag or anti-protein A aptamers in SB, and incubation for 1 h. The samples are then 

washed with Tris buffer (50 mM, pH 7.4) to deactivate remaining reactive EDC groups on the surface. 

Finally, the aptamer-functionalized PSi is exposed to boiling ddH2O for 2 min, and gently dried under 

a nitrogen stream, to unfold any secondary structures of the aptamer prior to further use. 
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For experiments in microchannels, the carboxylated PSi is integrated in the microfluidic device and the 

remaining functionalization steps are carried out inside the microchannels. The microchannels are first 

washed with EtOH (50 %v/v) in ddH2O for 5 min to remove any air bubbles inside the channels, 

followed by subsequent washing with SB buffer at 100 µL min-1 for 10 min. Next, EDC in SB buffer 

(10 mg mL-1) is introduced at 30 µL min-1 for 30 min, followed by introduction of aptamer (75 µM, 

250 µL) at 30 µL min-1. The aptamer is then allowed to react with the surface for 1 h without flow. 

Subsequently, the microchannel is washed with Tris buffer at 30 µL min-1 for 15 min to deactivate any 

remaining reactive EDC groups on the surface.  

Antibodies Immobilization. Two antibody immobilization techniques are studied, either direct 

immobilization via covalent binding, leading to a random antibody orientation, or conjugation via the 

biotin-streptavidin linkage to result in an oriented antibody configuration 177, 308. For random antibody 

immobilization, the PSiO2 surface is incubated with a solution of 1% APTES and 1% EDIPA in water 

for 30 min. After removing the solution, the sample is rinsed with water and ethanol, and then dried 

under a nitrogen stream. Subsequently, the film is incubated in a 2% aqueous GA solution for 30 min, 

washed with water and dried under a stream of nitrogen. In the next step, the antibody solution (50 µL; 

100 µg mL-1 in PBS) is introduced and incubated for 1 h at room temperature and then stored overnight 

at 8C. Next, unbound antibodies are removed by thorough washing with PBS and residual reactive 

groups are capped by incubation of the porous film with 0.1 M aqueous solution of ethanolamine for 

30 min.  

For oriented antibody immobilization, silanization and modification with GA are performed as 

described above, followed by incubation with 50 mM sodium cyanoborohydride in HEPES for 30 min 

to stabilize the Schiff base formed during reaction of the aldehyde groups with the amine groups 242. 

After washing with HEPES, the PSiO2 film is placed in a humidity chamber and a freshly-prepared 

streptavidin solution (100 µL; 100 µg mL-1 in PBS) is introduced onto the surface and incubated for 

1 h. A thorough rinsing with PBS is performed before a repetition of the reduction in sodium 

cyanoborohydride for the stabilization of the Schiff base, formed during streptavidin fixation. Next, the 

streptavidin-modified surface is blocked with ethanolamine, followed by incubation with biotinylated 

protein A (100 µL; 100 µg mL-1 in PBS) for 1 h in a humidity chamber. Finally, the sample is rinsed 

with PBS and incubated with the antibody (50 µL; 100 µg mL-1 in PBS; humidity chamber) for 1 h at 

room temperature and then overnight at 8 °C. On the next day, the film is rinsed and stored in PBS 

buffer (at 8 °C) for up to one day prior to biosensing experiments.  

4.2.3.2 Surface Chemistry Characterization 

Infrared Spectroscopy. Chemical modification steps are verified using attenuated total reflectance 

Fourier transform infrared (ATR-FTIR) spectroscopy. Spectra are recorded using a Thermo Fisher 6700 

FTIR instrument equipped with a Smart iTR diamond ATR device (USA). Background and all sample 
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spectra are measured in dry air, utilizing an IR source and a DTGS kBr detector. Number of scans is set 

to 256, at a resolution of 4. The samples are dried under a nitrogen stream before each measurement. 

Chemistry characterization with confocal laser scanning microscopy: Cy5-labelled aptamer is 

immobilized onto the PSi, followed by scanning with a confocal laser scanning microscope (LSM 700, 

Carl Zeiss, Inc.), linked to a Zeiss inverted microscope equipped with a Zeiss X63 oil immersion 

objective. PSi photoluminescence and Cy5-labelled aptamers are excited with laser lines of 405 nm and 

639 nm, respectively. For three-dimensional image projection of the porous structure, z-scans in 0.4 µm 

increments over a depth of ~12 µm are taken and projected with a standard Carl Zeiss software 

(ZEN 2009). Further image analysis is performed by Imaris Bitplane scientific software. 

 

4.2.3.3 Surface Density Determination 

Aptamers. Quantification of the immobilized aptamer concentration is carried out by the method 

described by Hu et al 43, for the anti-AGR2 and anti-his tag aptasensors. We used aptamers with a thiol 

and FAM6 modification which are diluted in TE buffer (10 mM Tris and 1 mM EDTA, pH 8.0), 

supplemented with 30 mM DTT. Prior to use, the aptamer is cleaned in NAP-5 column (GE healthcare), 

in HEPES buffer (0.05M HEPES, pH 7.5) to remove the DTT reducing agent. After amino-silanization 

of the oxidized PSi films, the samples are reacted with SPDP (6.5 mM in ethanol) for 30 min, followed 

by washings with IPA and ddH2O, three times. 50 µM anti-AGR2 or 75 µM 6H7 aptamers in HEPES 

buffer are then introduced to the samples and incubated for 1 h, followed by extensive washing with 

HEPES, to remove physisorbed aptamer molecules. As a control, oxidized PSi is similarly 

functionalized with SPDP, but without aptamer. The surface is washed until no fluorescence signal is 

detected in the collected washing solution, compared to the control.  

For the anti-AGR2 aptamer, the aptamer-functionalized PSi is incubated with DTT solution (250 µL; 

25 mM in HEPES, pH 7.5) for 30 min, resulting in immediate aptamer cleavage from the surface, by 

disulfide bond reduction. The cleaved aptamer solution is collected and the absorbance is measured at 

495 nm using a plate reader (Thermo Scientific Varioskan), as described by Hu et al 43. For the 

anti- his tag aptamer, the aptamer cleavage from the surface is slower, attributed to the different amino-

silanization procedure. Thus, the aptamer functionalized surface is incubated with reducing solution for 

24 h, followed by solution collection and replacement with a new reducing solution. This process is 

repeated until no fluorescence signal is observed in the collected solution (compared to the control). 

The fluorescence of the collected solutions is analyzed by a plate reader at excitation and emission 

wavelength values of 490 nm and 525 nm, respectively, enabling more sensitive determination of the 

slower cleavage process. The measured absorbance or fluorescence values are correlated to the 

respective aptamer concentrations using a calibration curve, which is constructed using known 

concentrations of FAM6-labeled aptamer (in 25 mM DTT in HEPES buffer).  

Antibodies. a FITC-labelled IgG is immobilized in a random or oriented-configurations within the 

PSiO2 film, as described above. As a control, PSiO2 films are chemically activated by the full chemistry 
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procedure, but without antibody application. After immobilization, the samples are extensively washed 

with PBS and sodium acetate buffer (0.1 M, pH 4.5) to remove any unbound IgG molecules from the 

surface. The latter is confirmed by monitoring the fluorescence signal (excitation and emission 

wavelength values of 490 nm and 525 nm, respectively using a Thermo Scientific Varioskan Flash) of 

the washing solutions until no signal is measured, in comparison to the controls. Then, 250 µL of pepsin 

solution (100 µg mL-1 pepsin in sodium acetate buffer) is introduced onto the immunosensor and 

incubated for 24 h at 37 °C for proteolytic digestion. After 24 h, the solution is collected and replaced 

by a fresh pepsin solution for additional cleavage. The concentration of the IgG in the collected solution 

is determined by fluorescence measurements at excitation and emission wavelength values of 490 nm 

and 525 nm, respectively (Thermo Scientific Varioskan Flash). The measured fluorescence values are 

correlated to the respective IgG concentrations using a calibration curve, which is constructed using 

known concentrations of FITC-labelled IgG. For the calibration curve preparation, FITC-labelled-IgG 

is diluted in sodium acetate buffer, containing also biotinylated protein A and streptavidin, in the 

relevant concentrations applied for the immobilization chemistry procedure. Then, pepsin is added to a 

final concentration of 100 µg mL-1, and the calibration curve samples are incubated for 24 h at 37 °C, 

followed by fluorescence analysis.  

4.3 Microfluidics 

4.3.1 3D-Printed Microfluidics 

Design and Fabrication. The microfluidic device is designed in SolidWorks software (Dassault 

Systèmes) and printed using 3D Systems Projet MJP 2500 Plus multijet printer. Polyacrylate-based 

photopolymer material (VisiJet M2R-CL, 3D Systems) and hydroxylated wax (VisiJet M2 Sup, 

3D Systems) are used as the printing and support materials, respectively. After printing, the devices are 

subjected to several post processing steps, as previously described 40, 309. Briefly, after the devices are 

cooled down, they are placed in a heat steam bath (EasyClean unit, 3D Systems) at 65 °C for 30 min 

and are subsequently immersed in hot biological oil bath (EasyClean unit, 3D Systems) at 65 °C for 

30 min, to remove the support material. Next, hot oil is introduced into the channels using a syringe to 

remove any residues of support material. Finally, the devices are sonicated at 60 °C for 30 min in 

deionized water with detergent (Fairy Ultra Plus, Procter and Gamble) in an ultrasonic bath 

(Bandelin electronic), followed by wash with 70% EtOH. 

Integration. Prior to bonding the 3D-printed device to the PSi film, the devices are first gently polished 

with a standard grid paper (1000 grit), washed with water and soap, and flattened at 60 °C by applying 

a pressure of ~38 kPa for 1 h. Next, UV curable adhesive (Norland Optical Adhesive 72, Norland 

Products Inc.) (50 µL) is spread on a transfer wafer with a K hand coater no. 2 (Printcoat Instruments) 

and the printed device is placed on top of the adhesive layer two times for the glue transfer. Finally, the 

device is carefully placed on top of carboxylated PSi films, followed by UV curing at 365 nm 

(1.5 mW cm-2) for 30 min (VL-6.LC UV lamp 365/254 nm 6 W, Vilber Lourmat). 
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Characterization. The 3D-printed microfluidic devices, integrated with the PSi, are characterized by 

several methods. A standard food color solution is introduced into the microchannels to visualize 

possible leakage. The integrated devices are imaged with an upright optical microscope Olympus BX51 

(Olympus). Cross-sections of the integrated devices are characterized by Carl Zeiss Ultra Plus HRSEM, 

at an accelerating voltage of 1 keV. The cross sectioned samples are prepared by embedding the devices 

in epoxy (EpoFix resin, Struers), which is refilled several times under vacuum (1 torr) to remove any 

air, followed by curing at room temperature for 48 h. The cured epoxy block is sectioned using a 

IsoMetTM low speed saw (Buehler) and polished in EcoMetTM 3 variable speed grinder-polisher 

(Buehler) with sandpaper with increasing grit, as well as an Alumina Suspension (50 nm Neutral). 

Finally, the cross-sectioned samples are sputtered with carbon. 

4.3.2 PDMS Microfluidics  

PDMS microchannels are fabricated based on an SU8 template or a 3D-printed polyacrylate template. 

The former is constructed by standard lithography at Stanford Microfluidic Foundry (Stanford 

University, Stanford, CA, http://www.stanford.edu/group/foundry/) 310. Using the template, the 

microfluidic channels are fabricated in-house from PDMS at 10:1 ratio of polymer and cross-linker, 

respectively, followed by curing at 100 °C for 3 h. The PDMS microchannels are attached to the SiO2 

chip (containing both planar and porous SiO2 regions), by treating the inner surface of the PDMS with 

corona for 40 s, using a laboratory corona treater (BD-20V Electro-Technic Products), followed by 

baking at 90 °C for 4 h or at 100 °C for 3 h 30, 42. 

4.4 Protein Targets 

60 kDa and 24 kDa his-tagged proteins from the Arabinanase family, named abnA-D2 and AbnA-D4, 

respectively, and a 35 kDa his-tagged tyrosinase from B. megatherium are used as targets for the anti-

his tag 6H7 aptamer-functionalized PSi 26. The his-tagged tyrosinase is also detected by an anti-his tag 

antibody-functionalized PSi. The 45 kDa recombinant protein A from S. aureus is used as a target for 

the anti-protein A aptamer 29 and the 22 kDa AGR2 protein is detected by the anti-AGR2 aptamer 

functionalized PSi. The proteins are summarized in Table 4.2. 

Protein Production and Purification. AbnA-D2 and AbnA-D4 his-tagged proteins are produced and 

purified using the following method. E. coli BL21 cells, transformed with the target protein gene, are 

grown overnight at 37 °C on LB plates with appropriate antibiotic. The cells are transferred to a Terrific 

Broth (TB) medium for overnight growth in a shaker (230 rpm) at 37 °C. The cells are then cooled on 

ice for 15 min, harvested by centrifugation, and re-suspended in binding buffer (20 mM imidazole, 

0.5 M NaCl, and 20 mM phosphate buffer, pH 7.4). Subsequently, the cells are disrupted by two 

passages through an Avestin Emulsiflex C3 Homogenizer, 1500 psi (Avestin, Ottawa, Canada) at room 

temperature, and centrifuged at 7000 rpm for 30 min. The supernatant is then heated at ~50 °C for 

30 min and centrifuged again.  

http://www.stanford.edu/group/foundry/
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The his-tagged proteins are purified by fast protein liquid chromatography (FPLC) using the ÄKTA 

Avant-25 chromatography system (GE Healthcare Life Sciences) equipped with HisTrap column (1- or 

5-ml column volume, GE Healthcare Life Sciences). The protein is eluted with a 10 CV gradient of 

elution buffer that contained 0.5 M imidazole, 0.5 M NaCl, and 20 mM phosphate buffer (pH 7.4). A 

similar protein without a his-tag (AbnA-D2, without his tag, named D2N) is purified via gel filtration 

using a Superdex 200 26/60 column, ÄKTA Avant (GE Healthcare Life Sciences), running at 

2.5 ml/min with 50 mM Tris-HCl buffer pH 7.0, 100 mM NaCl and 0.02% sodium azide. Injected 

samples volumes are ~14 ml (~5% column volume).  

Pancreatin. For experiments with simulated pancreatic juice, pancreatin is utilized. It is diluted 

according to its trypsin activity to provide 100 p-toluene-sulfonyl-L-arginine methyl ester units per 

mL 311. The trypsin activity of 0.45 µm filtered pancreatin in SB is determined by a standard BAEE 

assay 312 and diluted accordingly. The total protein amount within this sample is determined with 

NanoDrop instrument (NanoDrop 2000 spectrophotometer, Thermo Scientific) 

Bacteria Lysates Preparation. E. coli K12 is cultivated in LB medium overnight under continuous 

shaking at 37 °C. The culture is spun down in a standard lab centrifuge (2-16P, Sigma Laboratory 

Centrifuges, Sigma-Aldrich) at 4500 rpm for 10 min, and the supernatant is replaced with the desired 

buffer. This step is repeated twice. Subsequently, the culture is ultrasonicated on ice in a Vibra cell 

VCX 750 instrument (Sonics & Materials Inc.) for 2 min, with 30 s pulses and 30 s pauses in between. 

The temperature and the amplitude are set to 4 °C and 40%, respectively. Cell debris are removed by 

ultracentrifugation at 4 °C for 30 min at 12000 g (1-15K, Sigma Laboratory Centrifuges, Sigma-

Aldrich), and the supernatant is analyzed for protein content in NanoDrop instrument (NanoDrop 2000 

spectrophotometer, Thermo Scientific), assuming 1 ABS=1 mg mL-1.  

Protein Labelling. The AbnA-D4 protein and bacteria lysates are fluorescently labelled with Alexa 

Fluor® 488 succinimidyl ester. The protein or lysate samples are mixed with the dye at a ratio of 1:5 

(molar ratio for the protein and weight ratio for the lysate) in NaHCO3 buffer for 1 hr. Then the labelled 

proteins are separated from the free dye by PD SpinTrap G-25 (GE Healthcare Life Sciences) and eluted 

with PBS buffer. All concentrations are determined with NanoDrop instrument (NanoDrop 2000 

spectrophotometer, Thermo Scientific). After addition of 10% glycerol, the labelled samples are 

aliquoted and stored at -20 ˚C until further use.  

AGR2 protein is fluorescently-labeled with Atto-647N succinimidyl ester. The protein buffer is 

replaced with 5 mM PBS using PD SpinTrap G-25. The protein is mixed with the dye at a ratio of 1:2 

in 5 mM PBS and the labelled proteins are separated from the free dye as described above. 

SDS-PAGE. Proteins and complex samples, such as bacteria lysates, are analyzed with a standard SDS-

PAGE. The analysis is performed on a discontinuous buffer system 313, using 15% separating gel and 

4% stacking gel. 30 μL of samples are mixed with 10 μL sample buffer (4x) and heated for 10 min at 

95 °C. The gel is stained with 0.25% Coomassie brilliant blue (R-250) in 50% ethanol and 10% acetic 

acid and destained in 20:10:70 (v/v/v) methanol:acetic acid:water.  
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Time-Resolved Mass Transfer Visualization. Infiltration of a fluorescently-labelled AGR2 protein into 

the aptasensor is monitored in real time by confocal laser scanning microscopy. The scanning is 

conducted with a LSM 510 confocal laser-scanning microscope (Carl Zeiss, Inc.), linked to a Zeiss 

upright microscope equipped with a Zeiss X63 oil immersion objective. PSi photoluminescence and 

Atto-647N-labelled AGR2 are excited with laser lines of 458 nm and 633 nm, respectively. For three-

dimensional image projection of the porous structure, z-scans in 0.73 µm increments over a depth of 

~15 µm are taken, every 30 s, and projected with a standard Carl Zeiss software (ZEN 2010). Initially, 

the photoluminescence and AGR2 fluorescence signals are scanned within the aptasensor with 10 µL 

of SB buffer for 10 min. Then, a 1 µM solution of Atto-647N-labelled AGR2 in SB (40 µL) is 

introduced and the photoluminescence and AGR2 fluorescence are measured continuously for 

additional 50 min. A relatively low AGR2 concentration is used for the measurements to obtain a time-

resolved visualization of the protein infiltration before signal saturation is reached. Image analysis is 

performed by Imaris Bitplane scientific software. 

4.5 Biosensing 

4.5.1 Optical Setup 

General. Reflective interferometric Fourier transform spectroscopy (RIFTS) method is utilized for real-

time monitoring of changes occurring within the porous nanostructure by detection of variations in the 

average refractive index of the porous layer 17, 18, 26. The aptamer or antibody functionalized PSi sample 

is mounted in a custom-made Plexiglas cell, which is fixed during the experiments to ensure that the 

reflectivity is measured at the same spot throughout the experiment. Interferometric reflectance spectra 

are collected with a charge-coupled device (CCD) spectrometer (Ocean Optics, USB 4000) fitted with 

an objective lens coupled to a bifurcated fiber-optic cable. A tungsten light source is focused onto the 

center of the sample with a spot size of approximately 1 mm2. Illumination and reflectivity detection 

are performed perpendicular to the surface. Reflectivity spectra are collected in real time in a 

wavelength range of 450-900 nm and analyzed by applying fast Fourier transformation (FFT), as 

previously described by Massad-Ivanir et al. 172. The latter results in a single peak, which position along 

the x-axis equals the effective optical thickness (EOT) of the porous layer and is the product of average 

refractive index and the thickness of the porous layer. 

ITP Assay. For ITP-based experiments, the reflectance spectra and fluorescence signal are monitored 

concurrently. Thus, a customized Zeiss upright microscope equipped with an Ocean Optics charge-

coupled device (CCD) USB 4000 spectrometer, is utilized. A two-port adapter is used to selectively 

transmit the light either to the microscope camera (Axio Cam MRc, Zeiss) or to the collimator, coupled 

to a fiber optic. An additional two-port adapter was used to switch between light from a halogen source 

(halogen100 illuminator, Zeiss) and X-Cite® 120Q excitation light source (Excelitas Technologies). 

The PSiO2-microfluidic device is fixed to the microscope stage, under the objective. For the reflectance 

spectra measurements, the PSiO2 region of the microchannel is illuminated with light from a halogen 
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source, focused through an A-Plan objective (10x magnification, 0.25 NA, Zeiss). The size of the 

illumination spot is controlled by the microscope iris and adjusted to the microchannel width of 350 μm. 

For the fluorescence imaging, the illumination is switched to a light coming from X-Cite® 120Q 

excitation light source. The imaging is conducted with the camera, at a constant exposure time of 

100 ms, concurrently to the reflectance measurements. 

Microfluidics. The microfluidic-integrated PSi is fixed on a motorized linear translation stage 

(Thorlabs, Inc.), allowing to monitor different spots along a single microchannel in each experiment. A 

syringe pump (Fusion 200, Chemyx) is used to control the flow rate. The 3D-printed microfluidic device 

is connected to tubes through a Dolomite 4-way microfluidic connector and a 4 mm top interface (The 

Dolomite Center Ltd.). Female-to-male Luer Assy and flangeless fittings (IDEX Health and Science 

LLC) are used to connect the tubes to a syringe. The spectral acquisition and the stage movement are 

controlled with a LabView software (National Instruments). The spectra were acquired at an integration 

time of 30 ms and with a scan average of 160. 

4.5.2 Experimental Procedure 

General. For the anti-his tag biosensor, the surface is first washed with elution buffer for 30 min to 

unfold the aptamer. Then and for all biosensing systems, the PSi biosensor is incubated with the baseline 

buffer, corresponding selection buffer for the aptasensors, PBS for the immunosensor or 2:1 LE:TE 

(leading electrolyte: terminating electrolyte) for ITP-based control experiments, for at least 30 min and 

until a stable baseline is acquired. Next, the target protein, diluted in the baseline buffer, is introduced 

with a pipette (50 to 100 µL), and allowed to incubate for 1 h or until a steady state signal. Subsequently, 

the biosensor is extensively washed with the baseline buffer (10 mL). For the anti-his tag aptasensor, 

the surface can be regenerated by incubation with elution buffer for 30 min, followed by wash in SB 

for 30 min. Throughout the experiment, the reflectivity spectra are recorded every 15 s, while during 

buffer exchange and rinsing steps, reflectivity measurements are shortly paused. In some experiments, 

mixing is applied by manual pipetting of the protein solution over the aptasensor, followed by an 

incubation without mixing. 

ITP Assay. For the ITP-based biosensing experiment, a similar protocol as reported by Vilensky et al. 

42 is utilized. The buffer composition depends on the protein target and is detailed in Table 4.3. The 

microchannel's east reservoir and the microchannel itself are filled with LE buffer using a vacuum pump 

and an EOT baseline is obtained. The measuring site is maintained constant throughout the whole 

experiment. Then, the microchannel's west reservoir is rinsed with deionized water several times and 

filled with the protein sample, diluted in TE. To initiate ITP, a constant voltage of 350 V is applied 

across the channel, using a high-voltage power supply (model PS375, Stanford Research Systems, Inc.). 

The location of the ITP peak is visualized by the fluorescence microscope camera and its location is 

controlled by applying a pressure driven counter-flow, produced by an external water column connected 

to the east reservoir. For the counter-flow ITP mode, once the ITP focusing zone arrived to the PSiO2 
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measuring site, it is kept stationary by applying a positive pressure to counter electromigration with the 

water column, for as long as the ITP plug is stable or for a maximum voltage time of 30 min. During 

this time, the reflectance spectra are recorded and analyzed in real-time, concurrently to monitoring the 

position of the ITP plug with the microscope camera. The reflectivity acquisition is not performed in 

fixed time intervals, but upon stabilization of the ITP plug on top of the biosensor. Next, the voltage is 

turned off and the ITP plug was pushed back to the west reservoir by negative pressure. The channel is 

then rinsed thoroughly with LE buffer using a vacuum pump, to remove any unbound proteins. For all 

the baseline and rinsing steps, the reflectance spectra are recorded every 15 s.   

Table 4.3. Leading electrolyte (LE) and terminating electrolyte (TE) buffer compositions used in ITP 

Assays. 

ITP Aptasensor LE TE 

Anionic 
Anti-AGR2  

Anti-his tag 

200/150/100mM 

BisTris/NaCl/HCl 
20/10 mM BisTris/Tricine 

Cationic 
Anti-AGR2  

 
200/100 mM HEPES/KOH 20/10 mM HEPES/Pyridine 

Cationic 
Anti-AGR2  

 
200/100 mM HEPES/KOH 20/10 mM HEPES/BisTris 

Cationic 
Anti-AGR2  

 
200/100 mM MOPS/KOH 20/10 mM HEPES/BisTris 

Cationic 
Anti-AGR2  

 
200/100 mM MES/KOH 20/10 mM HEPES/BisTris 

Cationic 

Anti-AGR2  

 

200/100/80 mM 

HEPES/KOH/HCl 

 (pH 6.4) 

20/10/7 mM HEPES/BisTris/HCl (pH 

5.9) 

Cationic 
Anti-AGR2  

 

200/100 mM HEPES/KOH 

 (pH 7.4) 

20/10/7 mM HEPES/BisTris/HCl (pH 

5.9) 

 

For the pass-over ITP mode, the reflectance spectra are recorded continuously, every 1 s, and analyzed 

in real-time. As the ITP plug electromigrates above the measuring site, the voltage is turned off and the 

channel was washed with LE buffer.   

For the control experiments of ITP without protein, the experiment is conducted as for the pass-over 

ITP mode. To prevent arrival of TE buffer to the measuring site, a total voltage time of 15-20 min is 

measured, before the voltage is turned off and the channel is rinsed with LE buffer.  

4.5.3 Data Analysis 

Reflectivity data are presented as relative ΔEOT, defined as 
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 0

0 0

t tEOT EOT EOT

EOT EOT

 −
=  

where
0EOT is the averaged EOT signal obtained during baseline establishment.  

The signal-to-noise ratio (SNR) values are calculated as the ratio of the relative EOT signal to the 

standard deviation of the baseline in SB prior to protein introduction. Limit of detection (LOD) is 

calculated as the protein concentration for which the optical signal equals 3·σ, where, σ is the standard 

deviation between relative EOT values, measured during baseline establishment. Non-linear regression 

of obtained data is performed with GraphPad Prism software utilizing the model for specific binding 

with a hill slope, according to: 

 max

( )

h

h h

D

B X
Y

K X


=


  

maxB is the interpolated concentration at which the maximum biosensor response is reached and DK is 

the apparent dissociation constant, which is the target concentration needed to reach the half-maximum 

biosensing signal. h is the Hill coefficient, which gives information about the apparent stoichiometry 

of the binding interaction 314, 315. 

All data is presented as the mean of n≥3 with standard deviation of the mean. For statistical evaluation, 

unpaired t-test is performed with two-tailed distribution and unequal variance. P values below 0.05 are 

considered for significant difference between two groups. 

4.5.4 Numerical Simulations 

Numerical simulations of governing equations are performed using finite differences. Initially, the 

spatial derivatives are discretised using a second-order central difference approximation with uniform 

grid spacing, leading to a series of coupled ordinary differential equations. Then the resulting set of 

ordinary differential equations are integrated forward in time using Matlab’s routine ode15s (Matlab 

R2018sb, MathWorks, Inc.).  
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5. Results 
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E. Segal, “Aptamers vs. Antibodies as Capture Probes in Optical Porous Silicon Biosensors.” 

Analyst 145, 4991-5003 (2020) (*Equal contribution). 

5.2 S. Arshavsky-Graham, E. Boyko, R. Salama, and E. Segal. “Mass Transfer Limitations of Porous 

Silicon-Based Biosensors for Protein Detection.” ACS Sensors 5 (10), 3058-3069 (2020).  

5.3 S. Arshavsky-Graham, N. Massad-Ivanir, F. Paratore, T. Scheper, M. Bercovici, and E. Segal. 

“On Chip Protein Pre-Concentration for Enhancing the Sensitivity of Porous Silicon Biosensors.” 

ACS Sensors 2 (12), 1767-1773 (2017). 

5.4 S. Arshavsky-Graham, A. Enders, S. Ackerman, J. Bahnemann and E. Segal. “3D-Printed 

Microfluidics Integrated with Optical Nanostructured Porous Aptasensors for Protein Detection.” 

Microchimica Acta 188, 67 (2021). 

5.5 S. Arshavsky-Graham, N. Massad-Ivanir, T. Scheper, and E. Segal. “Porous Silicon-Based 

Aptasensors: Towards Cancer Protein Biomarker Detection.” Submitted to ACS Measurement 

Science Au. 
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Abstract 

Over the past decade aptamers have emerged as a promising class of bioreceptors for biosensing 

applications with significant advantages over conventional antibodies. However, experimental studies 

comparing aptasensors and immunosensors, under equivalent conditions, are limited and the results are 

inconclusive, in terms of benefits and limitations of each bioreceptor type. In the present work, the 

performance of aptamer and antibody bioreceptors for the detection of a his-tagged protein, used as a 

model target, is compared. The bioreceptors are immobilized onto a nanostructured porous silicon (PSi) 

thin film, used as the optical transducer, and the target protein is detected in a real-time and label-free 

format by reflective interferometric Fourier transform spectroscopy. For the antibodies, random-

oriented immobilization onto the PSi nanostructure results in a poor biosensing performance. Contrary, 

Fc-oriented immobilization of the antibodies shows a similar biosensing performance to that exhibited 

by the aptamer-based biosensor, in terms of binding rate, dynamic detection range, limit of detection 

and selectivity. The aptasensor outperforms in terms of its reusability and storability, while the 

immunosensor could not be regenerated for subsequent experiments. 

Introduction 

Over the past 20 years, numerous publications and review articles have elaborated on the advantageous 

properties of aptamers as capture probes for biosensing 28, 214, 316-320. Aptamers have been termed 

“chemical antibodies” and predicted to replace antibodies in the near future 318, 319, 321. The possibility 

of selecting high affinity aptamers via SELEX (Systematic Evolution of Ligands by Exponential 

Enrichment) for a wide range of targets (including small molecules, proteins and whole cells), their 

small size, their high stability and outstanding performance in complex media have provoked the 

extensive research effort in their integration into various biosensing schemes 215, 318, 322, 323. However, 

antibodies, which have been used as capture probes for biosensor design for over 70 years, are still 

considered as the “gold standard” 324, 325.  

While some studies present results of different bioassays using antibodies or aptamers as capture probes 

towards the same target analyte 326-328, only few papers have experimentally compared between 

aptasensors and immunosensors under equivalent conditions 28, 317, 320, 329, and there is a lack of 

consensus in the field. Similar biosensing performance, in terms of selectivity and sensitivity, was 

demonstrated for quartz crystal-based biosensors for IgE detection 320 and nanogap impedance-based 

biosensor for thrombin detection 329. However, the former also showed an extended linear detection 

range, reusability and greater stability for the aptasensor, in comparison to the immunosensor. In 

contrast, an aptasensor for detection of a prostate specific antigen showed a comparable limit of 

detection (LOD), selectivity, and reusability, to an immunosensor 317. Both biosensors were based on 

nano-modified screen-printed electrodes, in three electrochemical detection techniques 317. Recent 

reviews have also highlighted that antibody- and aptamer-based biosensors are comparable in their 

performance (i.e., sensitivity and selectivity), but emphasize that their immobilization onto the 
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transducer and the detection mode have a more significant impact on the resulting sensitivity and 

selectivity 316, 328. On the other hand, a superior biosensing performance of an aptamer over an antibody 

was observed in a porous silicon (PSi)-based optical biosensor for detection of insulin 28. The aptamer 

outperformed the antibody in response time and LOD. However, it should be noted that in this study 

the antibody was covalently immobilized to the surface, resulting in a random orientation that limits its 

performance. This variability in the studies emphasizes the need for additional research in the field, 

specifically studying the behavior of these capture probes on similar transducers under comparable 

conditions and characterizing the limitation and strength of each bioreceptor. 

The present study aims to compare between aptamer and antibody capture probes, which are 

immobilized on the same nanostructured PSi-based transducer, for the detection of a specific target 

analyte and to investigate the performance and benefits of each receptor. PSi-based optical biosensors 

in which antibodies have been employed as capture probes were extensively studied over the past 20 

years 164, 165, 330-332. Many of these biosensors employ reflective interferometric Fourier transform 

spectroscopy (RIFTS) for real-time and label-free monitoring of changes in the refractive index or 

reflection intensity for various relevant targets, such as DNA 42, protein 19, 24, 28 and bacteria 33, 177. The 

first application of aptamers as bioreceptors in PSi-based optical biosensors has been demonstrated in 

2015 26, showing promising biosensing results, which evoked a great interest. Since then, the potential 

of different PSi-based aptasensors has been increasingly studied and successful detection of various 

molecules was demonstrated  19, 27-33.   

In our previous work 26, 29, 30, 33, we have successfully constructed and characterized several PSi 

aptasensors for various targets. In the present work, we focus on the direct comparison of the 

performance of PSi-based aptasensor and immunosensor for detection of the same target protein. To 

the best of our knowledge, this is the first comparison of aptamers to random- or oriented-immobilized 

antibodies as capture probes. An oxidized PSi (PSiO2) nanostructure (Fabry-Pérot thin film), used as 

the optical transducer, was functionalized with a well-characterized his-tag binding aptamer (6H7) 30, 

303, 306, 333, 334 or an anti his-tag antibody for the detection of a model his-tagged protein, 6x-his tyrosinase 

from Bacillus megatherium (35.3 kDa). Successful conjugation of the capture probes onto the 

nanostructured PSiO2 was confirmed by attenuated total reflectance Fourier transform infrared (ATR-

FTIR) spectroscopy, and surface density was quantified by cleavage of the bioreceptors from the surface 

and subsequent fluorescence analysis. The binding of protein target molecules to the immobilized 

bioreceptors was monitored in real time by RIFTS and the biosensing performance, in terms of binding 

rate, dynamic range and sensitivity, was compared for the aptamer and the antibody-conjugated 

biosensors. The latter was further studied in a random or Fc-oriented conjugation to the PSiO2 surface. 

Focus was laid especially on comparing the selectivity and the performance of both bioreceptors in the 

detection of the target protein within complex biological samples, utilizing bacteria lysates as a model, 

as well as the recyclability of the biosensors.  
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Experimental 

Materials 

Si wafers (p-type, boron doped, 0.00095 Ω·cm resistivity, <100>-oriented) were purchased from 

Siltronix Corp (France). Aqueous hydrofluoric acid (HF) (48%) and ethanol absolute were purchased 

from Merck (Germany). Dimethyl sulfoxide (DMSO) and Toluene were purchased from Carlo Erba 

Reagents and Bio-Lab ltd, respectively. (3-aminopropyl)triethoxysilane (APTES), 

ethyldiisopropylamine (EDIPA), glutaraldehyde 25% solution (GA), ethanolamine, N-(3-

Dimethylaminopropyl)-N-ethylcarbodiimide hydrochloride (EDC), succinic acid, sodium 

cyanoborohydride, sodium dodecyl sulfate (SDS), N-Succinimidyl 3-(2-pyridyldithio)propionate 

(SPDP), DL-Dithiothreitol (DTT), isopropyl alcohol (IPA) and buffer salts were supplied by MERCK 

(Israel). Buffers were prepared with deionized water (18.2 MΩ cm) and filtered prior to use. Anti-his-

tag aptamer 6H7 (5’- GCT ATG GGT GGT CTG GTT GGG ATT GGC CCC GGG AGC TGG C - 3’) 

sequence was taken from U.S. patent 7329742 303. 6H7 was selected in 50 mM K2HPO4, 150 mM NaCl, 

0.05% Tween 20 (this buffer is subsequently abbreviated as SB-T). To prevent possible blocking of the 

amino-modified surfaces, Tween 20 was omitted during immobilization and washing steps, as well as 

renaturation of the aptamer (and this composition is termed as the selection buffer, SB). Additional 

buffers were phosphate buffered saline (PBS, 1 mM phosphate buffer, 154 mM NaCl, pH 7.4) and 4-

(2-hydroxyethyl)-1-piperazineethanesulfonic acid) (HEPES), which were prepared according to 

standard recipes. Aptamers were purchased with a 5’-amino modification or a 5’ thiol modification and 

3’ 6-FAM modification from Integrated DNA Technologies (USA). Mouse anti-his monoclonal 

antibody (catalogue number MCA1396) was obtained from Enco (Israel). This antibody was validated 

by the manufacturer for ELISA, immunoprecipitation and western blotting applications. Mouse anti-his 

monoclonal antibodies are commonly used for these applications, as well as for biological detection 

and purification assays 335-340. Streptavidin and biotinylated protein A were purchased from Sigma-

Aldrich Chemicals. Proteins for biosensing experiments included trypsin from porcine pancreas 

(Sigma-Aldrich Chemicals) and 6xhis tyrosinase from Bacillus megatherium (recombinant, expressed 

in Escherichia coli), generously supplied by Prof. Ayelet Fishman, Technion. As an additional negative 

control and for simulation of complex media, Escherichia coli (E. coli) lysates were used. For this 

purpose, E. coli strain JL-102 was cultured in Luria broth (LB) medium (10 g L-1 casein peptone, 10 g 

L-1 NaCl, 5 g L-1 yeast extract, all purchased from Sigma-Aldrich Chemicals). 

Preparation of Bacteria Suspensions and Bacteria Lysates  

A flask with 20 mL sterile LB medium was inoculated with 100 µL of a frozen culture of E. coli JL-

102 (free of plasmids) and cultured overnight under shaking at 37°C. The resulting culture was used for 

biosensing experiments to mimic a biologically relevant complex fluid.   

A volume of 2 mL of the bacteria culture was spun down in a standard lab centrifuge and the supernatant 

was replaced by 1 mL PBS selection buffer. Following the re-suspension, the culture was ultrasonicated 
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at 4°C (Labsonic M, Sartorius Stedim Biotech, Germany). The resulting suspension was centrifuged 

again to remove cell debris and the supernatant was transferred to a fresh tube and further used as the 

bacteria lysate.  

Preparation of Oxidized PSi (PSiO2) 

Silicon was anodized at a constant current density of 375 mA cm-2 for 30 s in a 3:1 (v/v) solution of 

aqueous HF (48%) and ethanol. The anodization setup is similar to previous work 26. Briefly, a Si wafer 

with exposed area of 1.33 cm2 was contacted on its back side with a strip of aluminium foil and mounted 

in a Teflon etching cell and a Platinum wire was used as the counter electrode. The freshly-etched PSi 

film was rinsed with ethanol several times and subsequently dried under nitrogen gas flow. The resulting 

PSi sample was then thermally oxidized at 800C for 1 h in ambient air in a tube furnace (Thermo 

Scientific, Lindberg/Blue M™ 1200°C Split-Hinge, USA). 

Characterization of PSiO2 Films  

Specific properties (i.e. thickness sand porosity) of the fabricated PSiO2 layers were characterized by 

several techniques: HRSEM (high resolution scanning electron microscopy), and SLIM (spectroscopic 

liquid infiltration method) methods, as previously described 330. 

Immobilization of Aptamers onto PSiO2 

The anti-his-tag aptamer (6H7) was conjugated onto the surface of the PSiO2 film by EDC-mediated 

covalent attachment 26. PSiO2 sample was first incubated with a 2% (v/v) APTES solution in toluene 

for 1 h. After thorough rinsing with toluene, ethanol, and acetone and drying under a nitrogen stream, 

the amine-modified surface was immersed in a freshly prepared solution of 100 mg of succinic acid in 

4.7 mL of DMSO and 300 μL of 0.1 M NaHCO3 (pH 9.4) for 30 min. After rinsing with DMSO and 

purified water and drying under a nitrogen stream, EDC solution at a concentration of 52 mM (in SB) 

was introduced and allowed to react for 1 h. Successively, the activated PSiO2 surface was incubated 

with the aptamer solution (75 μM, 50 μL in SB) for 1 h, followed by thorough washing with 50 mM 

Tris buffer (pH 7.4) for 20 min, to block remaining active sites. Finally, the biosensor was exposed to 

boiling deionized water for 2 min and gently dried under a nitrogen stream to unfold any aptamer 

secondary structures. The resulting aptasensors were stored dried in a desiccator for up to 4 days post 

immobilization. Prior to biosensing experiments, the aptasensors were incubated in a solution of 1 M 

imidazole in SB (pH 7.4), followed by incubation in SB for 30 min, in order to allow the immobilized 

aptamer to properly fold. 

Immobilization of Antibodies onto PSiO2 

The anti-his antibody was either directly immobilized via covalent binding, leading to a random 

antibody orientation, or conjugated via the biotin-streptavidin linkage to result in an oriented antibody 

configuration 177, 308. 
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For random antibody immobilization, the PSiO2 surface was incubated with a solution of 1% APTES 

and 1% EDIPA in water for 30 min. After removing the solution, the sample was rinsed with water and 

ethanol, then dried under a nitrogen stream. Subsequently, the film was incubated in a 2% aqueous GA 

solution for 30 min, washed with water and dried under a stream of nitrogen. In the next step, 50 µL of 

the antibody solution (100 µg mL-1 in PBS) were introduced and incubated for 1 h at room temperature 

and then stored overnight at 8C. Next, unbound antibodies were removed by washing with PBS and 

residual reactive groups were capped by incubation of the porous film with 0.1 M aqueous solution of 

ethanolamine for 30 min.  

For oriented antibody immobilization, silanization and modification with GA were performed as 

described above, followed by incubation with 50 mM sodium cyanoborohydride in HEPES for 30 min, 

in order to stabilize the Schiff base formed during reaction of the aldehyde groups with the amine groups 

242. After washing with HEPES, the PSiO2 film was placed in a humidity chamber and 100 µL of a 

freshly-prepared streptavidin solution (100 µg mL-1 in PBS) were introduced onto the surface and 

incubated for 1 h. A thorough rinsing with PBS was performed before a repetition of the reduction in 

sodium cyanoborohydride for the stabilization of the Schiff base, formed during streptavidin fixation. 

Next, the streptavidin-modified surface was blocked with ethanolamine, followed by incubation with 

biotinylated protein A (100 µL; 100 µg mL-1 in PBS) for 1 h in a humidity chamber. Finally, the sample 

was rinsed with PBS and incubated with the antibody (50 µL; 100 µg mL-1 in PBS; humidity chamber) 

for 1 h at room temperature and then overnight at 8°C. On the next day, the film was rinsed and stored 

in PBS buffer (at 8°C) for up to one day prior to biosensing experiments.  

Infrared Spectroscopy  

Chemical modification steps were verified using attenuated total reflectance Fourier transform infrared 

(ATR-FTIR) spectroscopy. Spectra were recorded using a Thermo Fisher 6700 FTIR instrument 

equipped with a Smart iTR diamond ATR device (USA). Background and all sample spectra were 

measured in dry air, utilizing an IR source and a DTGS kBr detector. Number of scans was set to 256, 

at a resolution of 4. The samples were dried under a nitrogen stream before each measurement. 

Bioreceptors Surface Density  

For the antibody quantification, a FITC-labelled IgG was immobilized in a random or oriented-

configurations within the PSiO2 film, as described above. As a control, PSiO2 films were chemically 

activated by the full chemistry procedure, but without antibody application. After immobilization, the 

samples were extensively washed with PBS and sodium acetate buffer (0.1 M, pH 4.5) to remove any 

unbound IgG molecules from the surface. The latter was confirmed by monitoring the fluorescence 

signal (excitation and emission wavelength values of 490 nm and 525 nm, respectively, using a Thermo 

Scientific Varioskan Flash) of the washing solutions until no signal was measured, in comparison to the 

controls. Then, 250 µL of pepsin solution (100 µg mL-1 pepsin in sodium acetate buffer) was introduced 



Results 

75 
 

onto the immunosensor and incubated for 24 h at 37 °C for proteolytic digestion. After 24 h, the solution 

was collected and replaced by a fresh pepsin solution for additional cleavage. The concentration of the 

IgG in the collected solution was determined by fluorescence measurements at excitation and emission 

wavelength values of 490 nm and 525 nm, respectively (Thermo Scientific Varioskan Flash). The 

measured fluorescence values were correlated to the respective IgG concentrations using a calibration 

curve, which was constructed using known concentrations of FITC-labelled IgG. For the calibration 

curve preparation, FITC-labelled-IgG was diluted in sodium acetate buffer, containing also biotinylated 

protein A and streptavidin, in the relevant concentrations applied for the immobilization chemistry 

procedure. Then, pepsin was added to a final concentration of 100 µg mL-1, and the calibration curve 

samples were incubated for 24 h at 37 °C, followed by fluorescence analysis.  

For the aptamer, we adapted the method described by Hu et al 43. Following silanization with APTES 

(as described above), the amine-terminated surfaces were reacted with 6.5 mM N-Succinimidyl 3-

(2-pyridyldithio)propionate (SPDP) in ethanol for 30 min and washed thoroughly with IPA and ddH2O. 

Subsequently, 75 µM thiol modified and FAM6-labeled aptamer in HEPES buffer (0.05M HEPES, pH 

7.5) was introduced and incubated for 1 h. The functionalized PSiO2 was extensively rinsed with 

HEPES, to remove physisorbed aptamer molecules, until no fluorescence signal was observed for the 

collected washing solution (compared to a control, i.e., PSiO2 which was similarly functionalized with 

SPDP, but without aptamer). It should be noted that the aptamer stock was diluted in TE buffer (10 mM 

Tris and 1 mM EDTA, pH 8.0) with 30 mM DTT and prior to its use, the aptamer was cleaned in NAP-

5 column (GE healthcare) to remove the DTT reducing agent and replace the buffer with HEPES. The 

resulting aptamer-functionalized PSiO2 was incubated with DTT solution (250 µL of 25 mM DTT in 

HEPES buffer, pH 7.5) for 24 h. The solution was collected and replaced by a new reducing solution 

and the fluorescence signal of the collected solution was measured using a plate reader at excitation and 

emission wavelength values of 490 nm and 525 nm, respectively. The cleavage process was repeated 

until no fluorescence signal was observed for the collected solution (compared to the control). The 

measured fluorescence values were correlated to the respective aptamer concentrations using a 

calibration curve, which was constructed using known concentrations of FAM6-labeled aptamer. For 

the calibration curve preparation, FAM6-labeled aptamer was dissolved in 25 mM DTT in HEPES 

buffer and the fluorescence of these solutions was measured. 

The respective bioreceptor surface density values were calculated by dividing the number of bioreceptor 

moles by the porous surface area. The latter was measured in a previous study 341 by nitrogen adsorption 

isotherms and application of BET (Brunauer-Emmett-Teller) model for a similar PSiO2 nanostructure, 

see Supporting Information. 

Measurement of Interferometric Reflectance Spectra 

Interferometric reflectance spectra of the samples were collected as was previously described 26. Briefly, 

interferometric reflectance spectra of the PSiO2 films were collected using an Ocean Optics charge-
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coupled device (CCD) USB 4000 spectrometer coupled with a microscope objective lens by a bifurcated 

fiber-optic cable (USA). A tungsten light source was focused onto the surface of the sample with a spot 

size of approximately 1–2 mm2. The reflectivity spectrum of the PSiO2 film is comprised of a series of 

Fabry–Pérot interference fringes, where the maxima of these fringes are governed by the following 

equation:  

     𝑚 ∙ 𝜆 = 2 ∙ 𝑛 ∙ 𝐿                 5.1.1 

where, m is an integer, λ is the light wavelength, n is the average refractive index of the porous film and 

L refers to its thickness. The term 2nL represents the effective optical thickness (EOT), where a change 

in the latter indicates a change in the refractive index. 

Reflectivity data were recorded every 30 s in a wavelength range of 400–1000 nm and spectral 

acquisition time 100 ms. The spectra were analyzed by applying fast Fourier transformation (FFT), 

which leads to a single peak for each spectrum, whose position (corresponds to the value of 2nL, i.e., 

the EOT) was monitored. In this work, data are presented as relative ΔEOT, defined as: 

        
∆𝐸𝑂𝑇

𝐸𝑂𝑇0
= (

𝐸𝑂𝑇𝑟𝑒𝑎𝑑𝑜𝑢𝑡−𝐸𝑂𝑇𝑎𝑡 𝑏𝑎𝑠𝑒𝑙𝑖𝑛𝑒

𝐸𝑂𝑇𝑎𝑡 𝑏𝑎𝑠𝑒𝑙𝑖𝑛𝑒
)              5.1.2 

The term EOT0 refers to the averaged EOT obtained during baseline measurement at the beginning of 

each optical experiment.  

Protein Biosensing 

Biosensing experiments were carried out in a cell configuration. The biofunctionalized PSiO2 samples 

were mounted into a custom-made Plexiglas cell. An O-ring inside the cell seals off the exposed area 

and an in- and outlet allow introducing solutions for subsequent reaction steps. At first, spectra were 

recorded until a stable baseline was achieved in either PBS or SB, depending on the respective capture 

probe. Functionalized PSiO2 films were then incubated with 100 µL of the protein solution for 1 h 

(without flow). Tyrosinase was diluted in PBS or SB for the antibody or aptamer functionalized PSiO2, 

respectively. The complex samples, including trypsin, lysate and spiked lysate, were prepared in SB-T 

for the aptamer-based biosensor to reduce nonspecific binding, according to previous studies 26. After 

removal of the protein solution, the sample was rinsed and incubated for 30 min with PBS/SB. Each 

aptamer-based biosensor was utilized for multiple biosensing experiments, through surface 

regeneration, as previously described 26. The protein was eluted with 1 M imidazole in SB (pH 7.4) for 

30 min, followed by the regeneration of aptamers in SB for 30 min. Antibody-conjugated biosensors 

were used only once.  

Regeneration of the oriented antibody biofunctionalized PSiO2 was studied by exposure of the surface 

to different solutions for 30 min, as summarized in Table 5.1.1.  
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Table 5.1.1. Compositions of regeneration solution for the oriented antibody-based biosensor. 

Solution Composition 

1M imidazole in SB (pH 7.4) 

10 mM glycine/HCl pH 2.5 342 

100 mM glycine/HCl pH 2.5 343 

100 mM HCl pH 2.0 344, 345 

200 mM glycine/HCl pH 2.3 + 1% DMSO 346 

1% SDS in ddH2O 347 

 

Statistical Analysis and Data Regression 

For statistical analysis, unpaired t-tests were performed, with two tail distribution and unequal variance. 

Resulting two-tailed P values below 0.05 were required to consider the compared groups as significantly 

different from each other. 

Non-linear regression of obtained data was performed with GraphPad Prism software utilizing the 

model for specific binding with hill slope. The following equation was used for modelling: 

     𝑌 =
 𝐵𝑚𝑎𝑥∙ 𝑋ℎ

(𝐾𝑑
ℎ ∙ 𝑋ℎ)

                5.1.3 

Herein, Bmax is the interpolated concentration at which the maximum biosensor response is reached. 

KD (also known as the apparent dissociation constant) is the target concentration needed to reach the 

half-maximum biosensing signal. The parameter h is the Hill coefficient, which gives information about 

the stoichiometry of the occurring binding 314, 315.  

Results and Discussion 

Immobilization of Bioreceptor Molecules onto PSiO2 

The porous nanostructures were fabricated by anodization and subsequent thermal oxidation to yield 

PSiO2 films with a thickness of 5500 nm and characteristic interconnected cylindrical pores with a 

typical diameter between 35 and 65 nm (see Table S5.1.1, Supporting Information, for a summary of  

the PSi nanostructure characteristics). Figure 5.1.1a (upper panel) schematically illustrates the 

immobilization of the amino-modified 6H7 aptamer onto the PSiO2 film. The latter was first amino-

silanized using APTES dissolved in toluene (2%) and subsequent carbodiimide coupling was employed 

to conjugate the amine-terminated 6H7 aptamers, as we previously reported 26, 30. Successful aptamer 

conjugation was confirmed by ATR-FTIR spectroscopy. The spectra following each of the modification 

steps are presented in Figure 5.1.1b (upper panel). After the amino-silanization, a small peak at 1639 

cm-1 is observed, attributed to the bending of the primary amines 302, 348. Following the carboxylation of 

the surface with succinic acid, the spectrum depicts two strong peaks at 1556 and 1632 cm-1 attributed 
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to amide II and amide I bonds, respectively, and a peak at 1400 cm-1 is assigned to the carboxylic acid 

groups 302, 348. After EDC introduction, the carboxylic acid peak is observed to diminish, suggesting 

successful activation. Following aptamer conjugation, multiple characteristic DNA bands appear 

between 1780-1530 cm-1 and 1550-1250 cm-1, attributed to the carbonyl groups and vibrations of 

saccharides 349, similarly to our previous report 26.   

For the antibody immobilization, two different strategies were used (as schematically illustrated in 

Figure 5.1.1a, middle and bottom panels): (1) straightforward conjugation in random orientation via an 

amine-group within the antibody to an aldehyde-modified surface (this immobilization route will be 

referred as ‘random conjugation’), and (2) oriented conjugation of the antibody Fc-region to a protein 

A-modified surface. For both immobilization routes, the PSiO2 was first silanized using an aqueous 

APTES solution (1%). It should be noted that this step was slightly modified in comparison to the 

aptamer immobilization route to allow an optimal immunosensor performance (see Figure S5.1.1, 

Supporting Information). Next, the amine-activated PSiO2 was reacted with glutaraldehyde. For the 

random immobilization route, the aldehyde-activated PSiO2 surface was immediately incubated with 

the antibody solution. Thus, the antibody is conjugated through its primary amines to available aldehyde 

groups on the PSiO2 surface. Following a thorough rinsing, residual amines were blocked by incubation 

with ethanolamine. For the oriented antibody conjugation, protein A layer was formed on a 

glutaraldehyde-reacted PSiO2 surface through streptavidin-biotin linkage, followed by antibody 

conjugation to the protein A through the Fc-region, as shown in Figure 5.1.1a (bottom panel). For both 

conjugation routes, the conditions were optimized in previous studies 164, 177 to minimize steric 

hindrance and crowding effects.  

Figure 5.1.1b, middle and bottom panels, present the ATR-FTIR spectra of the corresponding chemical 

modification steps for the random and oriented conjugation routes, respectively. For both, following 

amino-silanization, a peak at 1637 cm-1 appears, attributed to the bending of primary amines. Upon 

glutaraldehyde functionalization, peaks are observed at 1720, 1637, 1560, 1445 and 1401 cm-1, which 

are ascribed to the (C=O) stretching vibrations, the imine bond, and (C-H) and (C-C) bond vibrations, 

respectively 349. For the random conjugation route, antibody immobilization results in peaks at 1643 

and 1555 cm-1, which are attributed to the bending of amide I and amide II, respectively 348. For the 

oriented conjugation route, similar peaks are observed for streptavidin, protein A and antibody 

immobilization, with greater absorbance respective to the preceding step, suggesting successful 

modification of the PSiO2 film. 

It should be emphasized that while chemical route for the construction of the immunosensor is well 

established, it involves multiple steps and thus the immobilization procedure is >3 times longer 

(~4 times for the oriented antibody) in comparison to that of the aptasensor. Moreover, there are 

significant differences in the cost of the biosensors, which results from both the price of the bioreceptors 

and the reagents used for their immobilization. Thus, the immunosensors cost is >5 times higher than 

that of the aptasensors.   
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Figure 5.1.1. (a) Schematic illustration of the coupling steps followed for the immobilization of 

aptamers (upper panel) and antibodies (via random and oriented conjugation, middle and bottom 

panels, respectively) to PSiO2. (b) ATR-FTIR spectra of PSiO2 upon the different chemical modification 

steps throughout aptamer and antibody immobilization on the surface. 

Bioreceptors Surface Density 

Surface density has a major impact on the performance of biosensors. It determines the bioreceptor 

orientation, the uniformity of the sensing layer and the steric crowding within the sensing layer 350, 351. 

It also influences the target capture kinetics and the overall sensitivity of the biosensor 21, 352. Thus, the 

bioreceptor surface coverage for the aptasensor and the immunosensor was determined by quantifying 

the amount of immobilized aptamer and antibody, respectively, onto the PSiO2 surface. In both cases, 

the immobilized bioreceptors were cleaved from the respective biosensor and their concentration in the 

solution was measured, as illustrated in Figure 5.1.2. For the immunosensor, a fluorescently labelled 

antibody (in which the fluorophore is conjugated to the amine groups) was immobilized in a random or 

oriented configuration; after which, the functionalized surface was subjected to proteolytic digestion 

(using pepsin), as depicted in Figure 5.1.2a. The pepsin cleaves the IgG into (F(ab’)2) molecules, and 
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the Fc fragment (as well as other proteins) into lower molecular weight fragments 353. Thus, following 

digestion, these cleaved fragments are released to the solution and quantified (by fluorescence 

measurements). For the immobilized aptamer, a fluorescently-labelled and thiol-modified aptamer was 

conjugated to the surface using SPDP linker, as illustrated in Figure 5.1.2b. This allows to cleave the 

immobilized fluorescent aptamer by disulfide bond reduction and subsequent quantification of the 

solution fluorescence, as described  by Hu et al 43.  

Figure 5.1.2c presents the accumulated moles of antibody and aptamer cleaved from the surface vs. 

time. For the aptamer, the cleavage is fast and the accumulated amount of the “released” aptamer 

stabilizes within 24 h. For the antibody, the cleavage is much slower, as the relatively large pepsin 

molecules are required to infiltrate into the porous layer to catalyze the digestion, followed by out 

diffusion of the resulting protein fragments to the solution. For the aptamer, a total amount of 1.89±0.02 

nmol was released, which is approximately half of the aptamer amount used for the conjugation. For 

the oriented and unoriented antibody, the total amount was 0.045±0.002 and 0.0430±0.0006 nmol, 

respectively, which is two orders of magnitude lower than that of the aptamer. As the specific surface 

area for both biosensors are similar, the significant difference in the amount of the immobilized 

bioreceptors correlate to the respective calculated surface density (see Table S5.1.2, Supporting 

Information). Thus, the results demonstrate the significantly higher surface density of the aptamer 

molecules immobilized within the porous nanostructure film, compared to the antibodies. This is mainly 

ascribed to the profound differences in the size of the two bioreceptors; where the aptamer is 

approximately >10-fold smaller than the antibody 318, 320, 354, which enables higher immobilization 

density and surface coverage. Thus, for the aptasensor, a greater number of binding sites are available 

for the target within the same nanostructure, compared to the immunosensor 320, 355. This in turn is highly 

advantageous for enhancing the sensitivity of the biosensor 21. It should be emphasized that although a 

different immobilization chemistry was utilized for quantifying the aptamer surface density (and as such 

the total number of immobilized aptamer molecules is not accurate), its effect on the obtained value 

may be neglected due to the profound difference of 2-orders of magnitude in surface densities between 

the aptasensor and immunosensor. In addition, for the immunosensor constructed via random 

conjugation, our quantification method underestimates the total number of immobilized antibody 

molecules (see Table S5.1.1, Supporting Information). As in this case the antibodies are covalently 

bound to the porous surface, a fragment of the antibody is expected to remain attached to the surface 

after pepsin digestion, resulting in an incomplete cleavage. This is in contrast to the oriented 

immobilization, where the antibodies are conjugated to the protein A layer, which is digested by the 

pepsin, leading to a complete release of the immobilized antibodies.  
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Figure 5.1.2. Bioreceptors surface density. Schematic illustration of the quantification method used for 

(a) the immunosensors and (b) the aptasensors. (c) The accumulated number of moles of aptamer and 

antibody molecules (oriented and unoriented) cleaved from the PSiO2 surface vs. time (n = 3). The 

dashed lines represent the applied amount of the respective bioreceptor during immobilization. 

Biosensing Experiments 

For the biosensing experiments, the antibody-conjugated and the aptamer-conjugated PSiO2 films were 

exposed to different protein solutions (5 µM to 56 µM) and Figure S5.1.2 (Supporting Information) 

presents characteristic results in terms of the relative EOT changes vs. time. Initially, PBS or SB (for 

antibody- and aptamer-conjugated PSiO2, respectively) were introduced to establish a stable EOT 

baseline. Next, different analyte solutions were introduced onto the studied biosensor and allowed to 

react with the respective functionalized surface for 1 h (without flow). Subsequently, the biosensors 

were extensively rinsed with buffer (PBS or SB) to remove unbound molecules until a stable baseline 

is reached.  

Figure 5.1.3a presents the averaged EOT values (attained after 1 h incubation with the target and 

subsequent washing with the buffer) for increasing protein concentrations and the corresponding curve 

fit utilizing a model for specific binding with a Hill slope (see Equation 5.1.3). Oriented antibody and 

aptamer-based biosensors result in a target binding behavior that can be modelled according to Equation 

5.1.3, with a good fit (R2=0.9490 and R2=0.9731, respectively). For the unoriented immunosensor, no 

statistically significant differences were observed between the EOT signals measured for the different 
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protein concentrations. Thus, owing to the poor performance of this biosensor, which is discussed in 

detail at the end of this section, we focus our discussion on the comparison between the aptasensor and 

oriented immunosensor. The dynamic range of these biosensors is from 8.25 µM to 56 µM, and the 

lowest measured target concentration is 5 µM, with an average relative ΔEOT signal of 1.9±0.8 and 

1.5±0.3 for the oriented-immunosensor and aptasensor, respectively. These signals can be reliably 

distinguished from the baseline, with a baseline noise equivalent to three standard deviations of 0.4 and 

0.3 for the immunosensor and aptasensor, respectively. The observed micromolar detection limit agrees 

with the common limit of detection (LoD) values of label-free PSi-based optical biosensors 22. We 

ascribe this high value mainly to mass transfer phenomena, specifically to the diffusion rate to and 

within the PSiO2 nanostructure, which has a profound effect at lower target concentrations 21, 23, 36, 165, 

189. This in fact does not allow a proper comparison between both bioreceptors in the lower detection 

range, as both biosensors are limited by the PSiO2 transducer, regardless of the bioreceptor type. Thus, 

we cannot draw a conclusion on which of the bioreceptor results in improved biosensor sensitivity.  

Overall, both biosensors perform in a similar manner, in terms of their dynamic range and sensitivity. 

This is also apparent in the binding rates for the aptamer and oriented antibody-based biosensors. Figure 

5.1.3b depicts real time changes in the relative EOT signal (with respect to the baseline) for the oriented-

antibody and aptamer-based biosensors upon incubation with increasing concentrations of tyrosinase. 

Both biosensors exhibit a similar target binding trend and a concentration-dependent behavior. The 

calculated binding rates are presented in Figures 5.1.3c and 5.1.3d, as the initial (0 to 10 min) and total 

(0 to 60 min) values for different concentrations of tyrosinase, respectively. An insignificant difference 

is observed between both types of biosensors, regardless of the analyzed duration, i.e. the initial or the 

total binding rate. The only apparent difference is observed at a longer binding time of 60 min, where 

the immunosensor reaches almost equilibration, while the signal for the aptasensor is far from surface 

saturation and keeps increasing (see Figure 5.1.3b). This behavior is ascribed to the greater number of 

available binding sites for the target protein in the aptamer-based biosensor, in comparison to the 

antibody-based one (see Figure 5.1.2c). This also results in greater signal values for target 

concentrations 16.5 µM, as observed in Figure 5.1.3a. The greater number of available protein binding 

sites for the aptamer-based biosensor, maximizes target capture onto the PSiO2 surface and 

consequently resulting in a higher signal 43.  
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Figure 5.1.3. (a) Relative EOT changes of different PSiO2 biosensors (random and oriented antibody-

conjugated PSiO2 and aptamer-conjugated PSiO2) collected after 1 h exposure to varying tyrosinase 

concentrations. The lines show the curves fitted for specific binding with Hill slope. (b) Relative EOT 

changes vs. time for oriented antibody (Ab)- or aptamer (Ap)-immobilized PSiO2 upon exposure to 

different concentrations of his-tagged tyrosinase (data represents an average of n ≥ 3). (c) and (d) 

Binding rates [(EOT·EOT0
-1·min-1) · 103] at 10 min and 60 min of incubation with different tyrosinase 

concentrations, respectively, for the three types of biosensors. (n.s) or (*) Indicate non-significant or 

statistically significant difference, respectively, between the total binding or the binding rate of the 

oriented antibody and aptamer-based biosensors (t test, n ≥ 3, p < 0.05). 

The performance of the randomly conjugated antibody-immunosensor was generally poor. A 

significantly lower EOT signals were observed (see Figure 5.1.3a), as well as 10-fold lower binding 

rates, compared to the oriented antibody and aptamer-based biosensors (see Figure 5.1.3c and 5.1.3d). 

Also, a poor dependence of the binding rate in the protein concentration is found (see Figure S5.1.3, 

Supporting Information). Antibody conjugation via its primary amines is typically highly random, 

owing to the large number of amine groups in the antibody structure 356-360. Thus, the functionality of 

these antibodies varies dramatically, and the resulting performance of the biosensors is limited. Since 

the total amount of antibodies immobilized within the porous layer for the random conjugation is similar 

or higher than for the oriented conjugation route, these results indicate that for the random conjugation 

less than ~10% of the immobilized antibodies are active, compared to the oriented immobilization. Our 

results suggest that immobilization of antibodies via a random amine-functionality is not preferable for 

fabrication of robust and specific PSiO2 biosensors and this is in agreement with other biosensing 
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systems 361-364. The similar binding rate, dynamic detection range and sensitivity of the oriented antibody 

and aptamer-based biosensors indicate that by optimization of the bioreceptor immobilization, e.g., 

oriented vs. random antibody conjugation, a similar performance can be achieved utilizing the same 

transducer. Immobilization of the antibodies in an oriented configuration increases the active portion of 

the antibodies 360-362, resulting in a similar biosensing performance to that of the aptasensor, in which 

the aptamers are immobilized  in a naturally orientated configuration at a much higher density. 

Selectivity and Performance in Complex Samples 

PSiO2 biosensors modified with 6H7-aptamer have previously demonstrated high selectivity towards 

their target his-tagged protein and robustness against unspecific adsorption even in complex media with 

an abundancy of non-target proteins (i.e. bacteria lysates) 26, 30. In the present study, we compare the 

behavior of the different biosensors upon exposure to non-target proteins (i.e., trypsin and bacteria 

lysate) and to complex media (bacteria lysate with a typical protein content of 1.8 mg mL-1) spiked with 

the target tyrosinase. The optical response of the biosensors is summarized in Figure 5.1.4. 

Biosensors functionalized with aptamers and oriented antibodies show high affinity towards their target 

with reproducible results. The biosensors selectively detect their target protein in a complex solution of 

bacteria lysate and the obtained EOT values are in good agreement with the values collected for 

tyrosinase in a buffer (see also Figure 5.1.3 and Figure S5.1.4 for the real-time optical response). 

Notably, both biosensors exhibit low nonspecific adsorption of non-target proteins. We note that the 

negative response of the aptasensor to trypsin and lysate solutions may be ascribed to conformational 

changes of the immobilized aptamers. The latter are often utilized as the sensing mechanism in various 

aptasensors 365, 366.  

Contrary, biosensors in which the antibody is conjugated in a random orientation exhibit similar 

response to all studied solutions and poor reproducibility, as can be seen by the large deviations obtained 

upon exposure to trypsin or bacteria lysates. Thus, the signals obtained for samples containing the pure 

target protein are indiscernible from those collected for non-target proteins. The inconsistent behavior 

of antibody-regions other than the antigen binding sites is ascribed to the undirected immobilization, 

which may promote nonspecific adsorption onto the biosensor.  
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Figure 5.1.4. The biosensor response, expressed as the relative EOT change, collected after 1 h 

exposure to different samples: trypsin as a non-target protein (concentration 16.5 µM), bacterial lysates 

(with a protein concentration of 1.8 mg mL-1) and lysates spiked with 16.5 µM tyrosinase. The response 

of the biosensors to a pure tyrosinase (concentration 16.5 µM) solution is presented for comparison. 

(n.s) or (*) Indicate non-significant or statistically significant difference, respectively, between the 

oriented antibody and aptamer-based biosensors (t test, n ≥ 3, p < 0.05). 

Biosensor Regeneration 

One of the main advantages of DNA or RNA aptamers in comparison to antibodies is their ability to 

undergo reversible folding and unfolding, leading to a greater stability and a simpler elution of the 

bound target from the aptamer 257. Thus, rendering aptamer-based biosensors as potentially recyclable 

317, 320, 367. For the 6H7 aptamers, exposure to imidazole enables the release of the bound target protein, 

by a competitive interaction between the imidazole, his-tagged target and the aptamer, similarly to the 

purification procedure of his-tagged proteins by immobilized metal ion affinity chromatography 

(IMAC) 26, 368. Our previous report demonstrated the reusability of the 6H7 aptamer-functionalized 

PSiO2 surface for up to 12 consecutive cycles by regenerating the biosensor surface in between these 

cycles by a short exposure to imidazole solution 26. Contrary, the regeneration of immunosensors for 

repetitive usage is more complicated since antibodies are prone to irreversible denaturation 343. While 

for aptamers regeneration conditions can be predefined during their selection in the SELEX process 369, 

for antibodies, regeneration must be investigated by a trial and error process for each antibody-antigen 

couple and biosensor platform 342, 343, owing to the different attractive forces defining each interaction 

and the stability of the transducer and signal to environmental changes 343. Regeneration of 

immunosensors has been commonly achieved using acidic pH 344, 345, glycine/HCl 342, 344, 346, addition of 

detergents such as sodium dodecyl sulphate (SDS) 347 or addition of dimethyl sulfoxide (DMSO) 346. 

Table 5.1.1 summarizes the different regeneration protocols which were employed for the oriented-

antibody functionalized PSiO2. All regeneration attempts were carried out at a high tyrosinase 

concentration (56 µM) which poses the greatest challenge for regeneration. The relative EOT changes 

upon exposure of the immunosensor to the different regeneration conditions, following a biosensing 

experiment of 56 µM target protein, are presented in Figure S5.1.5. None of these conditions was found 



Results 

86 
 

to result in full restoration of the initial baseline; however, incubation in solutions of 1 M imidazole, 

10 mM glycine/HCl pH 2.5 or 100 mM HCl (at pH 2.0) had the best effect. Next, we studied the 

reusability of the immunosensor in three consecutive cycles, where the biosensor was regenerated for 

30 min in between the cycles utilizing these three regeneration solutions, see Figure S5.1.6. It should 

be noted that we performed a 30 min exposure of the immunosensor to the regeneration solution for a 

proper comparison to the aptasensor. Nevertheless, a shorter regeneration of 5 min results in a similar 

regeneration performance, see Figure S5.1.7, indicating that the exposure time (in this solution) has a 

negligible effect. Baseline drift in successive experiments, i.e., incomplete return to the original EOT 

value following exposure to the regeneration solution, was observed for all studied conditions, as shown 

in Figure S5.1.6. It should be pointed out that despite the harsh regeneration conditions (combination 

of low pH and relatively long exposure of 30 min to the regeneration solution), a maximal EOT decrease 

of only ~56% is achieved (for the use of 1M imidazole), indicating that the protein target was only 

partially eluted. Moreover, this moderate decrease in the EOT values also suggests that possible elution 

of the antibody molecules, due to possible disruption of the IgG binding to the immobilized protein A 

370, is minor (the antibody molecular weight is ~5 times higher than that of the target protein and thus 

its elution should induce a pronounced decrease in the EOT value 189). Based on the results presented 

in Figure S5.1.6, the combination of 10 mM glycine/HCl pH 2.5 (see Figure S5.1.6-III) was used for 

our subsequent studies as the achieved biosensing performance, in terms of the attained new signal in 

comparison to that achieved during the first biosensing cycle, was found to be better. For example, 80% 

compared to 55% for 10 mM glycine/HCl pH 2.5 and 1M imidazole, respectively, for the second 

biosensing cycle compared to the first. 

Figure 5.1.5 summarizes the results of the biosensors’ regeneration experiments. Figure 5.1.5b presents 

the attained EOT signals (expressed as percent of the first biosensing cycle signal) of the oriented-

antibody and the aptamer-immobilized PSiO2 upon three consecutive biosensing experiments. The 

biosensors were exposed to a high concentration of the target protein (56 µM) followed by a 

regeneration step (using 10 mM glycine/HCl pH 2.5 for the immunosensor and 1 M imidazole for the 

aptasensor). The characteristic real-time biosensing curves for these experiments are depicted in Figures 

5.1.5c and 5.1.5d. Following the first regeneration step, the aptasensor performance has decreased by 

~10%, see Figure 5.1.5b. Yet, after this initial decrease, the biosensor response was highly reproducible 

upon subsequent cycles, demonstrating a fair recyclability. It should be noted that a full baseline 

restoration after each biosensing cycle is not achieved (see Figure 5.1.5c). This is in contrast to our 

previous report for the 6H7 aptasensor 26 and may be attributed to the high target concentration used 

here, as well as to the different protein targets (tyrosinase vs. lipase). It is well established that the high 

structural complexity of proteins allows aptamer binding in different modes through a variety of 

attractive forces, which in turn significantly affects the binding strength 343, 354. For the immunosensor, 

a greater activity loss of ~20% is observed in the second biosensing cycle, and by the third cycle, the 

collected signal is further decreased to 58±9%. Thus, regeneration of the immunosensor is not achieved 
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using the common regeneration conditions studied here. This can be ascribed to the poor structural 

stability of the antibody following its denaturation, compared to the aptamers 320, and may require a 

further tedious probing of different regeneration conditions for the immunosensor. The better 

performance of the aptasensor in the successive cycles can be also referred to the greater number of 

binding sites available for the target, due to the higher immobilization density of the aptamers. Thus, 

although full restoration of the biosensor is not achieved after each biosensing cycle, there are still 

Figure 5.1.5. (a) Schematic illustration of the biosensor regeneration concept. (b) Relative signal 

(presented as % of the EOT signal collected in the first biosensing cycle) collected from the (oriented) 

antibody- and the aptamer- biofunctionalized PSiO2 upon three successive exposure cycles to 56 µM 

tyrosinase. After each exposure to the protein, the biosensors were regenerated with solutions of 10 mM 

glycine/HCl pH 2.5 or 1 M Imidazole supplemented SB, for antibody or aptamer biosensors, 

respectively. (n.s) or (*) indicate non-significant or statistically significant difference, respectively, 

between the oriented antibody and aptamer-based biosensors (t test, n ≥ 3, p < 0.05). Relative EOT 

changes vs. time upon exposure of the (c) aptamer and (d) oriented antibody-biofunctionalized PSiO2 

to 56 µM Tyrosinase in three consecutive biosensing cycles, utilizing a regeneration solution of 1M 

imidazole for the aptasensor and 10 mM glycine/HCl pH 2.5 for the immunosensor. A, B and C indicate 

incubation with SB or PBS buffers, with the target protein or with elution buffer, respectively.  
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sufficient binding sites for the target, at this high target concentration (56 µM). This makes the 

aptasensor reusable for at least three biosensing experiments of 56 µM tyrosinase, and could potentially 

be utilized for up to 12 consecutive biosensing cycles, according to our previous work 26. It should be 

noted that in this work we have utilized imidazole as the eluting agent similarly to IMAC columns; 

however, aptamers can be also reversibly unfolded to release their target by a simple heat 

denaturation 369, which is not applicable for immunosensors. Thus, for potential practical application, 

the PSi-based aptasensors can be easily regenerated by heat treatment, which will further simplify the 

regeneration process.  

Conclusions 

This study presents a direct comparison for the specific detection of a model target protein, his-tagged 

tyrosinase, with antibody and aptamer capture probes, utilizing optical PSi-based biosensors. The 6H7 

aptamer is compared to anti-his-tag antibodies, where the latter are immobilized onto the PSiO2 

nanostructure in a random or Fc-oriented configuration. The aptamer´s smaller size allows surface 

immobilization at much higher density, resulting in a larger number of binding sites on a similar PSiO2 

surface. However, in practice, both the aptamer and the oriented antibody-based biosensors present a 

similar biosensing performance in terms of the dynamic detection range, measured detection limit, 

binding rate, and selectivity. Thus, the oriented conjugation route of the antibodies allows for similar 

performance even though the biosensor target binding capacity is smaller.  

In contrast, a simple random immobilization of antibodies onto the PSiO2 biosensors does not allow 

target detection. Although their surface density is comparable to that achieved by oriented 

immobilization, only ~10% of the randomly oriented antibodies were active. Thus, the laborious 

directed immobilization of the antibodies, even though decreasing the available free porous volume, 

and extending the fabrication time and costs, is required for successful target detection. Our main 

conclusion from the study is that by tailoring the immobilization chemistry and orientation of the 

bioreceptor, a similar biosensing performance can be achieved on the same transducer.   

The aptasensor advantages are reflected in the practical fabrication, use and storage of the biosensor. 

The aptasensor fabrication is much faster and cost effective, compared to the immunosensor. Also, the 

high stability of the DNA aptamers allows for the aptasensor effective storage in dry conditions at room 

temperature before usage. Contrary, the immunosensor should be stored in a refrigerator in wet 

conditions, limiting its long-term storage. Importantly, the aptamer’s ability to undergo reversible 

denaturation enables regeneration of the aptasensor for multiple uses. In contrast, the immunosensor 

cannot be regenerated without a significant activity loss after the first biosensing cycle.  

It should be also pointed out that at lower target concentration, the sensitivity of both biosensors has 

been mainly limited by the PSi transducer, leading to a similar detection limit. Thus, the performance 

of both bioreceptors at the lower detection range could not be effectively compared. Our future work 
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focuses on improving the limited sensitivity, while in the present work our main attention is directed to 

the comparison of the capture probes.  

Supporting Information 

Table S5.1.1 Characterization results of the oxidized PSi nanostructures by spectroscopic liquid 

infiltration method (SLIM) (n=5). 

 

*Average pore diameter was evaluated with HR-SEM. 

 

 

Figure S5.1.1. Comparison of the biosensing performance of the immunosensor upon exposure to 

56 µM Tyrosinase, for two methods of APTES modification of the PSiO2 film. The signal is normalized 

to the standard APTES method of the antibody immobilization process (1% APTES in water) (n≥3). 

Results indicate lower immunosensor performance, by 28%, upon APTES modification according to 

the aptamer immobilization process (2% APTES in toluene). 

 

 

 

 

Porosity 

(%) 

Thickness 

(nm) 

Pore diameter* 

(nm) 

73±3 5500±200 35-65 
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Table S5.1.2. A summary of the applied amount, number of moles cleaved, the immobilized percentage 

and surface density of the aptamers and oriented and unoriented antibodies within the PSiO2 (n=3). 

  Moles  

Applied  

(nmol) 

Moles  

Cleaved 

(nmol) 

Immobilization  

Percentage 

(%) 

Surface 

Area 

(cm2) 

Surface 

Density 

(cm-2) 

Aptamer 3.75 1.89±0.02 50.3±0.5% 

910 

1.25∙1012 

Oriented 

IgG 
0.067 0.045±0.002 67±3% 2.94∙1010 

Unoriented 

IgG 
0.067 0.0430±0.0006 64.5±0.8% 2.83∙1010 

 

The bioreceptor densities within the PSiO2 were calculated by dividing the number of bioreceptor moles 

by the porous surface area. The latter was measured in a previous study 341 by nitrogen adsorption 

isotherms and application of BET (Brunauer-Emmett-Teller) model for a similar PSiO2 nanostructure. 

Since the PSiO2 utilized in the present study was characterized with a smaller layer thickness (5500 nm 

vs. 7880 nm), the surface area was corrected according to the layer thickness ratio of both 

nanostructures. Thus, the surface area value utilized for the calculations was 684 cm2 STP cm-2 

(expressed per unit area of PSiO2 sample). The area of the PSiO2 sample is 1.33 cm2, resulting in a total 

surface area of 910 cm2. 
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Figure S5.1.2. Real-time relative EOT changes for aptamer (Ap), oriented and unoriented antibody 

(Ab)-immobilized PSiO2 upon exposure to 56 µM or 8.25 µM his-tagged tyrosinase (data represents an 

average of n = 3). SB denotes aptamer’s selection buffer. 

 

 

Figure S5.1.3. Relative EOT changes vs. time for randomly oriented antibody-biofunctionalized PSiO2 

upon exposure to different concentrations of his-tagged Tyrosinase (data represents an average of 

n ≥ 3). 
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Figure S5.1.4. Characteristic relative EOT changes vs. time for the (a) aptasensor and (b) oriented-

immunosensor upon exposure to neat bacterial lysate, bacterial lysate spiked with 16.5 µM tyrosinase 

and 16.5 µM tyrosinase in a buffer. SB denotes aptamer’s selection buffer.  

 

 

Figure S5.1.5. Relative EOT changes vs. time upon exposure of the oriented antibody-biofunctionalized 

PSiO2 to 56 µM Tyrosinase, followed by washing with PBS and exposure to different regeneration 

solutions. Although complete regeneration to initial PBS baseline is not achieved, 1 M imidazole, 

10 mM glycine/HCl pH 2.5 and 100 mM HCl pH 2.0 have the most significant regeneration effect. 
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Figure S5.1.6. Relative EOT changes vs. time upon exposure of the oriented antibody-biofunctionalized 

PSiO2 to 56 µM Tyrosinase in three consecutive biosensing cycles, utilizing a regeneration solution of 

(I) 1M imidazole, (II) 100 mM HCl pH 2.0 and (III) 10 mM glycine/HCl pH 2.5. Percentages represent 

biosensing signal (calculated after exposure to 56 µM Tyrosinase and wash with PBS) of the second 

and third cycles out of the first cycle. 

 

 

 

Figure S5.1.7. Comparison of a 30-min and a 5-min exposure time of the immunosensor to a 

regeneration solution of 10 mM glycine/HCl pH 2.5, presented as the relative signal for each biosensing 

cycle (presented as % of the EOT signal collected in the first biosensing cycle) (n≥3). Both regeneration 

periods result in similar regeneration performance. 
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Abstract 

Porous silicon (PSi) thin films have been widely studied for biosensing applications, enabling label-

free optical detection of numerous targets. The large surface area of these biosensors has been 

commonly recognized as one of the main advantages of the PSi nanostructure. However, in practice, 

without application of signal amplification strategies, PSi-based biosensors suffer from limited 

sensitivity, compared to planar counterparts. Using a theoretical model, which describes the complex 

mass transport phenomena and reaction kinetics in these porous nanomaterials, we reveal that the 

interrelated effect of bulk and hindered diffusion is the main limiting factor of PSi-based biosensors. 

Thus, without significantly accelerating the mass transport to and within the nanostructure, the target 

capture performance of these biosensors would be comparable, regardless of the nature of the capture 

probe-target pair. We use our model to investigate the effect of various structural and biosensor 

characteristics on the capture performance of such biosensors and suggest rules of thumb for their 

optimization. 

 

Introduction 

Biosensors monitor the binding between a target molecule and a capture probe, by various transducing 

methods, and surface-based detection, in which the capture probes are immobilized on the transducing 

surface, are among the most widespread bioanalytical tools 10-14. The performance of surface-based 

planar biosensors based on surface capture is governed by the complex interplay between transport 

phenomena and reaction kinetics, as modelled by Squires et al 36. As such, numerous studies have been 

directed to optimize these systems and elucidating their limiting factors 5, 38, 371-376. 

Porous silicon (PSi) has been widely studied as an optical transducing surface in various biosensing 

platforms, presenting low cost fabrication, chemically active surface and unique optical properties 22, 

332. Specifically, employing interferometric Fourier transform spectroscopy (RIFTS) as the transduction 

mechanism enables real-time and label-free target detection 15-18. In this method, a series of Fabry-Pérot 

interference fringes are produced from incident white light reflections from the top and bottom 

interfaces of a porous thin film and the fringe pattern depends on the thickness and averaged refractive 

index of the porous layer.  

The porous nanostructure of PSi increases dramatically the surface area, which allows the 

immobilization of a greater amount of capture probe molecules compared to planar devices and 

potentially increase the detection sensitivity by orders of magnitude 21, 25, 43, 147, 157, 332. Nevertheless, 

common detection thresholds in such systems revealed an inferior performance, with micromolar 

detection limits for protein and DNA targets in direct and label-free optical detection 19-25. Therefore, 

many have focused on developing assays for improving the sensitivity and performance of such systems 

19, 20, 22, 24, 30, 42, while others investigated the limiting characteristics of the platform and suggested 

solutions for overcoming these issues 23, 188-190. The latter includes mass transfer limitations, which are 
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affected by the nanostructure characteristics such as pore size, length, porosity, surface area and 

roughness 188-190, 377-382. For example, studies on the impact of the pore size on the binding efficiency 

have been conducted 381, 383 and a critical correlation between the molecule size and the pore diameter 

has been suggested to allow effective infiltration into the porous layer, in which the molecule must be 

at least five times smaller than the pore opening 189. To overcome mass transport limitations, flow 

through platforms have been developed 23, 241. Moreover, accurate quantitative determination of 

molecular binding kinetics was performed by analyzing dilute analyte solution at short binding times, 

avoiding capture probe saturation with the analyte 165. The many parameters affecting the performance 

of PSi biosensors challenge the experimental characterization of each factor. Thus, deriving theoretical 

models to describe the effect of each of the parameters is a facile way to study those complex systems. 

In mesoporous systems, as the size of the pore approaches that of the solute, a deviation from the 

diffusion kinetics predicted by Fick’s law is observed, leading to an overestimation of the solute flux 

384-386. The diffusion within the porous nanostructure is hindered by steric and hydrodynamic 

interactions between the diffusing solute, the pore wall and the immobilized molecules and receptors 

on the pore wall 384, 387-390. The structural properties of the porous nanostructure, such as pore diameter 

and porous layer thickness, have also a tremendous effect, as the deviation from the bulk diffusion 

coefficient is more pronounced for smaller pores and thicker layer 391. The motion of the diffusing 

molecule is also highly dependent on structural defects, as revealed by single molecule diffusion 

analysis in a mesoporous silica 392, 393. Molecules transport and adsorption in porous materials have been 

investigated and models describing the hindered diffusion effect have been empirically derived 386, 394. 

Nevertheless, the spatial and time-resolved change in the diffusivity coefficient upon the filling of the 

pore has been often neglected to simplify the solution of the mass balances 44, 46, 395. 

Further simplification of the mass transfer studies in porous biosensors has approximated the porous 

layer as a perfect collector, giving the large capacity of binding sites within the porous layer. Thus, the 

entry into the pores has been concluded as the rate limiting step, while the hindered diffusion effect has 

been neglected 23, 45, 396. Such modeling and analysis were derived for protein adsorption on a porous 

anodic aluminum oxide nanostructure, for a target solution flow over the nanostructure 396 and for mass 

transfer analysis in PSi-based optical biosensors 23, 45. Nevertheless, for evaluation of the effect of mass 

transfer or reaction kinetics in PSi-based biosensors, the system cannot be assumed as a planar surface, 

and all transport phenomena as well as reaction between the target and the immobilized probes, should 

be considered.  

In this work, we aim to determine the effect of each of the mass transport phenomena and reaction 

kinetics in PSi-based optical biosensors. In contrast to previous works, we develop a model which 

captures the complex mass transfer processes in porous materials, including the bulk diffusion, hindered 

diffusion, and capture probe-target binding kinetics. The model is solved numerically using parameters 

which are characteristic of typical PSi biosensors. Specifically, we compare our model results to 

biosensing experiments of several PSi-based aptasensors for targeting proteins, as well as to the 
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common simplified “planar” model, which neglects the hindered diffusion within the porous layer. 

Importantly, we determine the limiting transport phenomena of PSi-based biosensors and the 

dependency of the target binding rate on various biosensor characteristics and conclude with directions 

for proper optimization of such biosensors.  

 

Experimental 

Materials 

Heavily doped p-type Si wafers (<100>-oriented, 0.90-1.00 mΩ∙cm resistivity) were purchased from 

Sil'tronix Silicon Technologies (France). Aqueous HF (48%), (3-Aminopropyl)triethoxysilane 

(APTES), ethyldiisopropylamine (DIEA), succinic acid, succinic anhydride, N-

(3Dimethylaminopropyl)-N′-ethylcarbodiimide hydrochloride (EDC), N-Hydroxysuccinimide (NHS), 

glutaraldehyde 25% solution (GA), ethanolamine, acetonitrile (ACN), dimethyl sulfoxide (DMSO), 

sodium cyanoborohydride, sodium dodecyl sulfate (SDS), N-Succinimidyl 3-(2-

pyridyldithio)propionate (SPDP), DL-Dithiothreitol (DTT), isopropyl alcohol (IPA)  

morpholinoethanesulfonic acid (MES), MES sodium salt, Tris base and all buffer salts were purchased 

from Merck (Israel). Ethanol absolute was supplied by Bio-Lab ltd (Israel). All solutions were prepared 

with Milli-Q water (ddH2O, 18.2 MΩ∙cm). Anti-AGR2 aptamer sequence (5’-TCT-CGG-ACG-CGT-

GTG-GTC-GGG-TGG-GAG-TTG-TGG-GGG-GGG-GTG-GGA-GGG-TT-3’) was obtained from 

Wu et al 304. Anti-his-tag aptamer 6H7 (5’- GCT ATG GGT GGT CTG GTT GGG ATT GGC CCC 

GGG AGC TGG C - 3’) sequence was taken from U.S. patent 7329742 303 . These aptamers were 

purchased with a 5'-amino modification from Integrated DNA Technologies (USA). Anti-protein A 

aptamer, selected by Stoltenburg et al 305, was used in truncated form PA#2/8[S1-58]: 5’- ATA CCA 

GCT TAT TCA ATT AGC AAC ATG AGG GGG ATA GAG GGG GTG GGT TCT CTC GGC T –

3’, and purchased with a 3’-amino-C6 modification. AGR2 protein was purchased from MyBioSource 

Inc (USA). Mouse anti-his monoclonal antibody was obtained from Enco (Israel). Streptavidin, 

biotinylated protein A and recombinant protein A from human serum were purchased from Merck 

(Israel). 6xhis tyrosinase from Bacillus megatherium (recombinant, expressed in Escherichia coli) was 

generously supplied by Prof. Ayelet Fishman, Technion. His-tagged AbnA-D2 (from Geobacillus 

stearothermophilus T-6, expressed in Escherichia coli) (D2) was generously supplied by Prof. Yuval 

Shoham, Technion. 10 mM phosphate buffered saline (PBS) was composed of 137 mM NaCl, 2.7 mM 

KCl, 10 mM Na2HPO4 and 2 mM KH2PO4 (pH 7.5). AGR2 selection buffer was composed of 137 mM 

NaCl, 20 mM KCl, 10 mM Na2HPO4 and 2 mM KH2PO4 (pH 7.4). 6H7 selection buffer was composed 

of 50 mM K2HPO4, 150 mM NaCl, pH 7.4 and elution buffer was composed of 50 mM K2HPO4, 

150 mM NaCl, and 1 M Imidazole (pH 7.4). Protein A aptamer selection buffer was composed of 20 

mM Tris base, 100 mM NaCl, 5 mM KCl, 10 mM MgCl2, and 1 mM CaCl2. 0.5 M MES buffer was 
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prepared from 0.27 M MES and 0.23 M MES sodium salt (pH 6.1) and Tris buffer was composed of 

50 mM Tris base (pH 7.4). 

Construction of PSi-based Biosensors  

The studied biosensors include several PSi-based aptasensors and a representative immunosensor, as 

detailed in Table 5.2.1. All biosensors employed a similar PSi nanostructure as the optical transducer 

and capture probe molecules (aptamer or antibody) were immobilized onto the surface. 

Table 5.2.1. Properties of the studied capture probe and target protein pairs and comparison of the 

theoretical and fitted KD values. 

Aptamer/Antibody Target 
Molecular 

Weight (kDa) 
Literature KD Fitted KD (µM) 

Anti-his tag aptamer D2 60 

~4.6 µM306 

29±8 

(R2=0.9551) 

Anti-his tag aptamer Tyrosinase 35 
31±7 

(R2=0.9731) 

Anti-his tag antibody Tyrosinase 35 ~10 nM307 
24±5 

(R2=0.9420) 

Anti-AGR2 aptamer AGR2 22  ~13 nM304 
21±1 

(R2=0.9951) 

Anti-protein A aptamer Protein A 45 ~0.522 µM305 
14±1 

(R2=0.9177) 

 

PSi Fabrication: PSi Fabry-Pérot thin films are fabricated from a highly doped p-type crystalline Si 

wafers, with a typical resistivity of 0.90-1.00 mΩ·cm, using a two-step anodic electrochemical etching 

process. A detailed description of the etching setup can be found elsewhere 16. First, a sacrificial layer 

is etched at a constant current density of 300 mA cm-2 for 30 s for the anti-AGR2 system or 

375 mA cm-2 for 30 s for the other systems, in a 3:1 (v/v) solution of aqueous HF (48%) and ethanol, 

respectively. The obtained porous layer is removed by introduction of 0.1 M NaOH, followed by 

exposure to a solution of 1:3:1 (v/v) HF, ethanol and ddH2O, respectively. Next, a second etching is 

performed, at the same etching conditions as above. After each step, the silicon surface is thoroughly 

rinsed with ethanol and dried under a nitrogen stream. Subsequently, the freshly etched PSi is thermally 

oxidized in a tube furnace (Thermo Scientific, Lindberg/Blue M 1200ºC Split-Hinge, USA) at 800 °C 

for 1 h in ambient air to create a chemically stable and hydrophilic oxidized PSi scaffold 159. 
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Aptamers Immobilization: Amino-terminated aptamers are conjugated to the oxidized PSi films by 

carbodiimide coupling chemistry. The first two steps of the chemistry, amino-silanization and 

carboxylation, slightly differ in solvents and materials for each sensing system. For the anti-AGR2 

aptamer immobilization, the oxidized PSi film is amino-silanized by incubation in 1% v/v APTES and 

1% v/v DIEA in ddH2O solution for 1 h, followed by washing with ddH2O and ethanol and drying under 

a nitrogen stream. Subsequently, the amino-activated PSi samples are annealed at 100 ºC for 15 min. 

Next, carboxylation is achieved by incubation in a solution of succinic anhydride (10 mg mL-1) and 

2% v/v DIEA in ACN for 3 h, followed by extensive rinsing with ACN and ddH2O and drying under a 

nitrogen stream.  

The anti-his-tag aptamer, 6H7, and the anti-protein A aptamer are immobilized by the method described 

by Urmann et al 26, 29. Briefly, the oxidized PSi films are reacted with a solution of 42 mM APTES in 

toluene for 1 h, followed by a thorough rinsing with toluene, ethanol and acetone and drying under a 

nitrogen stream. A similar annealing step is then performed, as described above. The APTES-modified 

surface is then incubated in a solution of 100 mg of succinic acid in 4.7 mL of DMSO and 300 μL of 

0.1 M NaHCO3 (pH 9.4) for 30 min, followed by washing with DMSO and ddH2O and dried under a 

stream of nitrogen. 

Subsequently, for both systems, the carboxylated samples are reacted with EDC (10 mg mL-1) in the 

corresponding selection buffer for 1 h, followed by introduction of 50 µM anti-AGR2 aptamer or 75 µM 

anti-his tag or anti-protein A aptamers in selection buffer, and incubation for 1 h. The samples are then 

washed with Tris buffer, to deactivate remaining reactive EDC groups on the surface. Finally, the 

aptamer-functionalized PSi is exposed to boiling ddH2O for 2 min, and gently dried under a nitrogen 

stream, to unfold any secondary structures of the aptamer prior to further use. 

Antibody Immobilization: The oxidized PSi surface is first amino-silanized in 1% v/v APTES and 

1% v/v DIEA in ddH2O solution for 1 h, followed by washing with ddH2O and ethanol and drying under 

a nitrogen stream. Subsequently, the surface is exposed to 2% aqueous GA solution for 30 min, washed 

with ddH2O and dried under a nitrogen stream, followed by incubation with 50 mM sodium 

cyanoborohydride in HEPES for 30 min, in order to stabilize the Schiff base formed during reaction of 

the aldehyde groups with the amine groups 242. Next, the surface is washed with HEPES and streptavidin 

(100 µL; 100 µg mL-1 in PBS) is applied and incubated for 1 h. The surface is washed with PBS and 

stabilized again with sodium cyanoborohydride. Next, a blocking step with 0.3M ethanolamine in BBS 

buffer (0.15M borate buffered saline, pH 9.0) is carried out for 30 min, followed by washing with BBS 

and PBS buffers. Finally, the surface is reacted with biotinylated protein A (100 µL; 100 µg mL-1 in 

PBS) for 1 h , rinsed with PBS and incubated with the antibody (50 µL; 100 µg mL-1 in PBS; in humidity 

chamber) for 1 h at room temperature and then overnight at 8 °C. On the next day, the film is rinsed 

with PBS buffer prior to biosensing experiments. 
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Determination of Aptamer Concentration within PSi 

Quantification of the immobilized aptamer concentration is carried out by the method described by 

Hu et al 43, for the anti-AGR2 and anti-his tag aptasensors. We used aptamers with a thiol and FAM6 

modification which are diluted in TE buffer (10 mM Tris and 1 mM EDTA, pH 8.0), supplemented 

with 30 mM DTT. Prior to use, the aptamer is cleaned in NAP-5 column (GE healthcare), in HEPES 

buffer (0.05M HEPES, pH 7.5) to remove the DTT reducing agent. After amino-silanization of the 

oxidized PSi films, the samples are reacted with SPDP (6.5 mM in ethanol) for 30 min, followed by 

washings with IPA and ddH2O, three times. 50 µM anti-AGR2 or 75 µM 6H7 aptamers in HEPES 

buffer are then introduced to the samples and incubated for 1 h, followed by extensive washing with 

HEPES, to remove physisorbed aptamer molecules. As a control, oxidized PSi is similarly 

functionalized with SPDP, but without aptamer. The surface is washed until no fluorescence signal is 

detected in the collected washing solution, compared to the control.  

For the anti-AGR2 aptamer, the aptamer-functionalized PSi is incubated with DTT solution (250 µL; 

25 mM in HEPES, pH 7.5) for 30 min, resulting in immediate aptamer cleavage from the surface, by 

disulfide bond reduction. The cleaved aptamer solution is collected and the absorbance is measured at 

495 nm using a plate reader (Thermo Scientific Varioskan), as described by Hu et al 43. For the anti-his 

tag aptamer, the aptamer cleavage from the surface is slower, attributed to the different amino 

silanization procedure. Thus, the aptamer functionalized surface is incubated with reducing solution for 

24 h, followed by solution collection and replacement with a new reducing solution. This process is 

repeated until no fluorescence signal is observed in the collected solution (compared to the control). 

The fluorescence of the collected solutions is analyzed by a plate reader at excitation and emission 

wavelength values of 490 nm and 525 nm, respectively, enabling more sensitive determination of the 

slower cleavage process. The measured absorbance or fluorescence values are correlated to the 

respective aptamer concentrations using a calibration curve, which is constructed using known 

concentrations of FAM6-labeled aptamer (in 25 mM DTT in HEPES buffer).  

Biosensing Experiments 

Protein Targets: A 60 kDa his-tagged protein from the Arabinanase family, named D2, and a 35 kDa 

his-tagged tyrosinase from B. megatherium are used as targets for the anti-his tag 6H7 aptamer-

functionalized PSi 26. The his-tagged tyrosinase is also detected by an anti-his tag antibody-

functionalized PSi. The 45 kDa recombinant protein A from S. aureus is used as a target for the anti-

protein A aptamer 29 and the 22 kDa AGR2 protein is detected by the anti-AGR2 aptamer functionalized 

PSi. 

Optical Setup: RIFTS method is utilized for real-time monitoring of changes occurring within the 

porous nanostructure by detection of variations in the average refractive index of the porous layer 17, 18, 

26. The aptamer or antibody functionalized PSi sample is mounted in a custom-made Plexiglas cell, 

which is fixed during the experiments to ensure that the reflectivity is measured at the same spot 
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throughout the experiment. Interferometric reflectance spectra are collected with a charge-coupled 

device (CCD) spectrometer (Ocean Optics, USB 4000) fitted with an objective lens coupled to a 

bifurcated fiber-optic cable. A tungsten light source is focused onto the center of the sample with a spot 

size of approximately 1 mm2. Illumination and reflectivity detection are performed perpendicular to the 

surface. Reflectivity spectra are collected in real time in a wavelength range of 450-900 nm and 

analyzed by applying fast Fourier transformation (FFT), as previously described by Massad-Ivanir 

et al. 172. The latter results in a single peak, which position along the x-axis equals the effective optical 

thickness (EOT) of the porous layer and is the product of average refractive index and the thickness of 

the porous layer. 

Experimental Procedure: For the anti-his tag biosensor, the surface is first washed with elution buffer 

for 30 min to unfold the aptamer. Then and for all biosensing systems, the PSi biosensor is incubated 

with the baseline buffer, corresponding selection buffer for the aptasensors or PBS for the 

immunosensor, for at least 30 min and until a stable baseline is acquired. Next, the target protein, diluted 

in the baseline buffer, is introduced, and allowed to incubate for 1 h or until a steady state signal. 

Subsequently, the biosensor is extensively washed with the baseline buffer. Throughout the experiment, 

the reflectivity spectra are recorded every 15 s, while during buffer exchange and rinsing steps, 

reflectivity measurements are shortly paused.  

Data Analysis: Reflectivity data are presented as relative ΔEOT, defined as 

 0

0 0

t tEOT EOT EOT

EOT EOT

 −
=  5.2.1 

where
0EOT is the averaged EOT signal obtained during baseline establishment. For the binding curve, 

the
tEOT  used is the averaged EOT signal at equilibration, following the wash of unbound proteins.  

LOD is calculated as the protein concentration for which the optical signal equals 3·σ, where, σ is the 

standard deviation between relative EOT values, measured during baseline establishment. Non-linear 

regression of obtained data was performed with GraphPad Prism software utilizing the model for 

specific binding with a hill slope, according to: 

 max

( )

h

h h

D

B X
Y

K X


=


 5.2.2 

maxB is the interpolated concentration at which the maximum biosensor response is reached and DK is 

the apparent dissociation constant, which is the target concentration needed to reach the half-maximum 

biosensing signal. h is the Hill coefficient, which gives information about the stoichiometry of the 

binding interaction 314, 315. Table 5.2.1 summarizes the fitted KD values. 
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Numerical Simulations 

We performed numerical simulations of the governing equations using finite differences. We first 

discretized the spatial derivatives using a second-order central difference approximation with uniform 

grid spacing, leading to a series of coupled ordinary differential equations. We then integrated forward 

in time the resulting set of ordinary differential equations using Matlab's routine ode15s (Matlab 

R2018sb, MathWorks, Inc.). For the simulation we used the parameters of the aptasensors, as 

summarized in Table S5.2.1 (Supporting Information): height of solution above the PSi of 0.001 m, 

porous layer thickness of 5.5∙10-6 m, average pore diameter of 50∙10-9 m, hydrodynamic radius of 

analyte of 5.3∙10-9 m, hydrodynamic radius of capture probe of 3.0∙10-9 m, protein bulk diffusivity of 

7∙10-11 m2 s-1, capture probe concentration within the PSi layer of 3.6∙10-3 M, capture probe surface 

density of 1.2·10-8 mol m-2, reaction association rate of 1.21·103 M-1 s-1 and reaction dissociation rate 

of 6.32·10-4 s-1. For higher affinity interaction simulation, a reaction association rate of 1·105 M-1 s-1 

and reaction dissociation rate of 1·10-4 s-1 are used.  

Results and Discussion 

PSi-Based Biosensors for Protein Targets 

PSi Fabry-Pérot thin film-based biosensors are widely studied for detection of various target molecules 

22, 332. Over the past few years, we have established several such biosensors for detection of different 

protein targets 26, 29 (see Table 5.2.1), using both antibodies and aptamers as recognition elements. All 

these biosensors are based on a similar oxidized PSi nanostructure, which is ~5 µm thick, and is 

characterized by interconnected cylindrical pores with an average diameter of 50 nm and a porosity of 

>70% 26, 29, where capture probe molecules (amino-terminated DNA aptamers or antibodies) are 

immobilized via different techniques 26, 29, 177, 302.  

Biosensing experiments are performed in a conventional cell setup, illustrated in Figure 5.2.1a-i, where 

the target protein solutions are introduced on top of the biosensor and incubated (without convection). 

Figure 5.2.1b presents characteristic biosensing results for an aptasensor upon incubation with different 

concentrations of the target protein, where the EOT changes are plotted as a function of time. As the 

target protein diffuses in the bulk solution towards the pore entry (Fig. 5.2.1a-ii), it infiltrates into the 

nanostructure, diffuses and simultaneously interacts with the immobilized aptamer molecules 

(Fig. 5.2.1a-iii and iv, respectively), resulting in an increase in the EOT signal with time. After the EOT 

signal reaches an equilibrium, the biosensor is washed with buffer solution to remove non-bound target 

molecules and the attained signal is used for constructing a binding curve. Figure 5.2.1c presents 

characteristic binding curves for several studied capture probe-target pairs and their corresponding 

curve fit, utilizing a model for specific binding with a Hill slope 314, 315. Surprisingly, all the investigated 

biosensors present a similar performance, with a dynamic range in the lower micromolars and a 

measured limit of detection (LOD) of ~1 µM, regardless of the nature of the capture probe, the target 
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protein, and their binding affinity. Moreover, the apparent dissociation constant (KD) values, as 

calculated from the binding curves, are in the range of 14-31 µM, where these values are significantly 

higher by few orders of magnitude from those reported in the literature, see Table 5.2.1. These results 

may suggest that the major limiting factor of these biosensors is the porous platform and specifically 

the involved complex mass-transfer phenomena. As the binding behavior is similar regardless of the 

theoretical affinity between the capture probe and the target, we hypothesize that the effect of reaction 

kinetics is less pronounced. Yet, as any measurement is limited by the experimental setup, the signal 

Figure 5.2.1. PSi biosensor setup and characteristic biosensing results for different capture probe-

target pairs. (a) Schematic illustration of the PSi biosensing system: (i) A traditional cell setup used 

for the RIFTS biosensing experiments. The PSi-based biosensor is fixed in the cell with an O-ring, 

confining the introduced solution to a height of H . (ii) The target solution is introduced to the cell 

and target proteins diffuse to the PSi biosensor with a diffusivity 
bulkD . (iii) As arriving to the pore 

entry, the proteins diffuse inside the porous nanostructure with a diffusivity 
PSiD . The PSi is 

functionalized with capture probe molecules at a concentration of 
0Bc and the porous layer thickness 

is 
pL . (iv) While diffusing, the target binds to the immobilized capture probe with kinetic parameters 

of 
onk and 

offk . (b) Characteristic biosensing results presenting the relative EOT changes with time 

for anti-AGR2 aptasensors upon incubation with different concentrations of AGR2 protein solutions 

(n≥3). The relative EOT increases with the infiltration and diffusion of the target protein into the 

porous layer, followed by binding to the immobilized aptamer probes. (c) Binding curves of different 

protein targets on aptamer (Ap) or antibody (Ab)-functionalized PSi-based biosensors, fitted with a 

specific binding model with a Hill slope. The curves present a similar behavior, independent of the 

target protein, capture probe and their corresponding theoretical binding affinity. 
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processing method and consequently the noise of the system, these also play a role, as has been recently 

suggested by Barillaro and coworkers. They applied a different signal processing technique (named 

Interferogram Average over Wavelength, IAW) instead of the common EOT calculation, which resulted 

in a significant improvement in the LOD of the PSi biosensors 19, 20. Yet, in the present work we focus 

on the fundamental mass transfer phenomena in PSi biosensors and study their effect on the biosensing 

performance. 

Mass Transfer and Reaction Kinetics Model 

The theoretical models, which describe the mass transfer in porous biosensors, and specifically PSi-

based biosensors, commonly apply a perfect collector assumption to the porous layer 23, 45, 396. As such, 

the rate limiting step is assumed as the entry into the pores, while the diffusion within the pores is 

neglected and the porous surface is modeled as a flat capturing surface, with a capture probe surface 

density of 
mb , as schematically illustrated in Figure 5.2.2a 23, 396, 397. The derivation of such model, 

named in this work as the ‘planar model’, is detailed in the Supporting Information. Our aim is to 

investigate a complete model, which includes both transport phenomena (to and within the pores), as 

well as reaction, as illustrated in Figure 5.2.2b. To this end, we formulate a one-dimensional model, 

termed in this work as ‘porous model’, describing the concentration of the target analyte as a function 

of time. We refer to a conventional cell setup with a solution height H above the PSi biosensor, a 

porous layer of thickness 
pL  and an average pore diameter of 

pd . For simplification, we assume that 

the pores are stacked to each other and we neglect the inter-pore distance (consistent with the high 

porosity of the PSi). The concentration of the immobilized capture probe molecules and the introduced 

analyte are 
0Bc  and 

0Ac , respectively. We assume no convection and one-dimensional diffusion, 

directed in the z axis only.  

Figure 5.2.2. Schematic illustration of the (a) planar and (b) porous models, describing the mass 

transfer and reaction kinetic phenomena in the PSi-based biosensors. The PSi has a thickness of 

pL and an average pore diameter of 
pd . The solution height above the porous layer is H .Capture 

probes are immobilized at a concentration of 
0Bc  and a density of 

mb . The target analyte is 

introduced to the biosensor at a concentration of 
0Ac . 
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In the bulk solution, the time evolution of the analyte concentration, 
, ( , )A bulk z tc , is governed by Fick’s 

second law  
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Subscripts of bulk refer to the bulk solution, where 
bulkD  is the analyte diffusivity coefficient in the 

bulk solution.   

Within the porous layer, we describe the time evolution of analyte concentration, 
, ( , )A PSi z tc , by the 

diffusion‐reaction equation  

 ( ),

R

,

0 ,

e

A PSi A PSi

PSi on B P A PSi off P p

Diffusion

action

c c
D k c c c k c H z H L

t z z

  
= − − +   + 

   

 5.2.4 

Note that subscripts of PSi refer to the porous layer, where the analyte diffusivity coefficient is 
PSiD . 

This is the main difference with respect to the planar model, in which the diffusion within the porous 

layer is neglected and the reaction is only considred at the PSi surface as a boundary condition (see 

Supporting Information).  

We use the standard ligand-receptor model to describe the simultaneous reaction of the analyte with the 

immobilized capture probes, and accordingly the concentration of the bound analyte-probe complexes, 

( , )Pc z t , evolves as: 

 0 ,( )P
on B P A PSi off P

c
k c c c k c

t


= − −


, 5.2.5 

where 
onk  and 

offk  are the reaction association and dissociation rates, respectively.  

The governing equations 5.2.3, 5.2.4 and 5.2.5 are subjected to the no-flux boundary conditions at the 

ceiling of the device, on top of the bulk solution ( 0)z =  and at the bottom of the pore ( )pz H L= +  

(see scheme in Figure 5.2.2), as well as the continuity of the concentration and the flux at the interface 

between the bulk and the pores ( )z H= ,  
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
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
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, , atA bulk A PSicc z H= = , 5.2.8 

and 

 
, ,

  at
A bulk A PSi

bulk PSi

c c
D D z H

z z

 
= =

 
. 5.2.9 
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We assume the initial analyte concentration in the bulk is 
0Ac , and that the initial concentration of the 

analyte and of the immobilized analyte-probe complexes within the porous layer are both zero, 

 
, 0( , 00)A b lk Auc Ht c zz =  = , 5.2.10 

 
, 0( , 0) [ 1 ( )](  A PSi A pc Hz c z z Lt H−   += = , 5.2.11 

 0 0( ),Pc tz = = ,  5.2.12 

where the function ( )z  is defined as  

 
0  

( )
1  

z H
z

z H


=
= 
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. 5.2.13 

The governing equations 5.2.3,  5.2.4 and 5.2.5 are coupled through the boundary conditions 5.2.6-5.2.9

and should be solved together to obtain the concentration in the bulk and in the porous layer. 

Within the porous layer, the constrained space of the pore leads to hindered diffusion of the analyte 

molecules. Thus, the diffusivity coefficient of the analyte within the PSi, 
PSiD , should be corrected 

according to the molecular and hindered diffusion phenomena, accounting for steric restriction, 

hindered Brownian motion and energetic interactions of pore-solvent-analyte 390. Empirical models for 

PSiD  describe the hindered diffusivity as a function of the parameter  , defined as the ratio of the 

hydrodynamic diameter of the analyte 
Ad  and the diameter of the average pore ( , )pd z t , i.e. 

( , ) / ( , )A pz t d d z t = . The diameter of the average pore ( , )pd z t  decreases upon binding of the 

analyte to the immobilized probes on the pore walls and can be related to the bound analyte 

concentration 
Pc  through 

 0

0

( , ) 2p p A B

B

Pd d
c

z t d d
c

 
= − + 

 
 , 5.2.14 

where 
0pd  is the initial diameter of the pore, and 

Bd  is the hydrodynamic diameter of the probe. Thus, 

the ratio   is given by 
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For our study, we utilize the comprehensive model derived by Dechadilok and Deen et al 394 for 

cylindrical pores for the estimation of 
PSiD : 
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Comparison of Theoretical Models to Experimental Results 

We solve the three coupled non-linear differential equations numerically, using parameters 

characteristic of actual PSi aptasensors, described in Table 5.2.1. Specifically, we use an average pore 

diameter value of 50 nm, a porous layer thickness of 5.5 µm, and a bulk solution height of 1 mm. A 

representative value of ~7·10-11 m2 s-1 is applied for the protein bulk diffusivity coefficient, based on 

the relative protein sizes 398. For the kinetic binding rate constants, we use those of the pair of anti-

protein A aptamer and protein A, which were previously determined by SPR as 1.21∙103 M-1∙s-1 and 

6.23∙10-4 s-1 for the association and dissociation rates, respectively 305. The aptamer and target protein 

diameters are 3 and 5.3 nm, respectively. Please see Table S5.2.1 (Supporting Information) for a 

comprehensive summary of all values used for the numerical simulations. 

We have experimentally determined the concentration of the immobilized aptamers within the porous 

layer, by using a fluorescently-labelled aptamer and its subsequent cleavage. This method was applied 

for the anti-AGR2 and anti-his tag aptasensors and the resulting aptamer concentration ranges between 

1.0±0.2 mM and 6.28±0.06 mM, respectively (see Table S5.2.2 for detailed results, Supporting 

Information). These values provide an order of magnitude estimation for the probe concentration for all 

studied aptasensors and thus, for the numerical simulations a representative value is used, i.e. aptamer 

concentration of 3.6 mM.  

Figure 5.2.3a and 5.2.3b depict the real-time experimental binding curves of the investigated 

aptasensors, for detection of the target proteins at concentrations of 50 and 10 µM, respectively, in 

comparison to results obtained by numerical simulations. We present the simulation results for the 

porous model as well as those obtained for a planar model, where the porous layer is assumed a perfect 

collector as is conventionally considered in the literature 23, 45, 396. For the planar model (see detailed 

derivation of the model in the Supporting Information), we applied the same reaction kinetic parameters 

and capture probe surface density, as for the porous model. For the experimental binding curves, the 

percentage of target binding was calculated by normalizing the EOT signal to the maximal EOT signal 

obtained at aptasensor saturation with the target. While our suggested porous model presents a relatively 

good fit to the experimental results at both studied target concentrations, the planar model highly 

overestimates the binding rate, even at a high target concentration where mass transfer limitations 

should be less pronounced (Figure 5.2.3a). Only at long enough times, the experimental and the model 

curves converge, while at (relatively) short times, the planar model greatly diverge. Moreover, these 

deviations intensify at low target concentrations, as shown in Figure 5.2.3b for a target concentration 

of 10 µM (and in Figure S5.2.1 for lower target concentrations of 1 µM and 0.5 µM, Supporting 

Information), mainly ascribed to the decrease in the concentration gradient, i.e., diffusion driving force, 

for lower target concentrations. It should be emphasized that the porous model fits the experimental 

results also when applying other reaction rates, while the overestimation of the planar model is still 

apparent, as shown in Figure S5.2.2 (Supporting Information). Our results demonstrate that hindered 

diffusion has a major impact on the binding rates of PSi-based biosensors and cannot be neglected. 
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Thus, the porous model is essential for accurate representation of the binding behavior, especially when 

studying relevant target concentrations 4, which are orders of magnitude lower than those presented 

here.  

 

Figure 5.2.3. Comparison of experimental binding curves of the investigated aptasensors to numerical 

simulation results obtained for the porous and planar models, at target concentrations of (a) 50 µM 

and (b) 10 µM. For the experimental data, the EOT signals for each aptasensor were normalized to the 

maximal EOT signal obtained upon aptasensor saturation with the target. For the simulated binding, 

the curves present the bound analyte, normalized to the probe concentration or density, at the bottom 

of the pore as a function of time.  

To illustrate the significance of each of the diffusion phenomena, we present in Figure 5.2.4 the 

simulated distribution of the target concentration (in z axis) in the bulk solution and in the porous layer, 

at different time points. At the initial stage of binding, the target is rapidly depleted near the pore entry 

(to a value below 5% of the initial target concentration) and a diffusion boundary layer is formed, 

spanning deep into the bulk solution. With the progress of the diffusion of the target into the porous 

layer, the concentration gradient slowly diminishes, until equilibration is reached. In contrast, for a 

planar model, the depletion of the target at the biosensor surface is significantly lower, as shown in 

Figure S5.2.3 (Supporting Information). These results indicate that both diffusion processes, in the bulk 

and in the porous layer, are interrelated: the diffusion within the porous layer leads to a rapid and 

substantial formation of a diffusion boundary layer within the bulk solution. Thus, the similar binding 

behavior observed for the different studied biosensors (see Figure 5.2.1c) is ascribed to the mass transfer 

limitations and to the interconnected effect of both diffusion processes. These conceal the capture probe-

target protein reaction and our main conclusion from this study is that without significantly accelerating 

the mass transfer rate, the contribution of higher affinity capture probes for improving the biosensing 

performance (i.e., sensitivity and detection time) will be imperceptible. It should be kept in mind that 

the system noise also plays a critical role in determining the biosensor performance and it should be 
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minimized. Thus, when applying methods for mass transfer acceleration, the resulting LOD will also 

depend on their effect on the noise.  

We further demonstrate the contribution of mass transfer acceleration to the enhancement of the 

apparent binding rate by application of mixing of the target solution on top of the biosensor. This results 

in a constant analyte concentration within the solution above the porous nanostructure, eliminating the 

diffusion gradient in the bulk solution and decreasing the diffusion pathlength to the porous layer 5. 

Figure S5.2.4 (Supporting Information) compares biosensing results with and without target mixing 

(10-min mixing followed by incubation vs. incubation only). During mixing, the EOT signal is observed 

to rapidly increase and a significantly higher apparent binding rate (by >5 fold) is obtained in 

comparison to the non-mixed system; thus, demonstrating the profound effect of mass transfer 

acceleration on enhancing the target flux into the porous layer. It should be noted that we use a manual 

mixing in this work, while a better performance in terms of sample-to-sample reproducibility will be 

obtained upon mixing automation. 

  

Figure 5.2.4. Simulation of the distribution of the target concentration in z axis at different time points 

in (a) the bulk solution and (b) the porous layer, obtained by the porous model. The target concentration 

is normalized to an initial target solution concentration of 50 µM. 

Effect of Biosensor Characteristics  

We use the derived porous model to study the effect of important biosensor characteristics, which can 

be tailored during the biosensor construction, on the binding rate. The first parameter we examine is the 

capture probe surface density, which is considered of high importance for surface-based biosensors in 

general 352, 399, 400 and PSi-based biosensors in particular 21, 27, 43, 164.  While for both planar and porous 

surfaces an overall similar capture probe density may be attained, the large surface area of PSi allows 

immobilizing larger amounts of capture probes and their concentration within the nanoscale pores. This 

in turn reduces the binding time, affects the apparent off rate of the probe-analyte complexes and 
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enhances the biosensor sensitivity, as has been previously suggested 5, 21, 43. In the present work we 

would like to investigate whether an excess of capture probes within the pores may lead to a counter 

effect on the mass transport rate. Figure 5.2.5a presents a simulation of the effect of capture probe 

surface density within the porous layer on the target binding rate, for different analyte concentrations. 

We apply in the simulations a capture probe density range of ~10-11 to ~10-8 mol m-2, which has been 

utilized in PSi-based biosensors 23, 27, 43. Increasing the capture probe surface density results in higher 

binding rates until an optimal surface density value; above this value, the binding rate slightly decreases. 

For a higher affinity interaction (Figure 5.2.5b), with an association rate of 105 M-1 s-1 and dissociation 

rate of 10-4 s-1, which is characteristic for antibody-ligand interactions 165, 401, increase in surface density 

results in a drastic decrease in the binding rate. We attribute this behavior to the decrease in the free 

porous volume available for the transport of the target. In addition, at a high probe density, a depletion 

region can rapidly build, which in turn will increase the thickness of the diffusion boundary layer in the 

bulk (adjacent to the pore entry)399, and as a result, both bulk and hindered diffusion rates will decrease. 

Our results suggest that mass transfer limitations require maintaining an optimum capture probe surface 

density, below a certain threshold, while considering immobilization levels that would produce a 

biosensor response with acceptable signal-to-noise ratio. This has also high significance for maintaining 

active probes while immobilized, avoiding steric crowding effects 164, 351. 

Two additional key parameters which can be easily tailored for PSi biosensors are the porous layer 

thickness and pore diameter. These affect both the optical properties of the nanostructure and the 

hindered diffusion within the pores, as they dictate the available free porous volume for molecular 

transport 18, 382, 383, 391. Figure 5.2.5c presents the effect of porous layer thickness and pore diameter on 

the binding rate (as simulated at the bottom of the porous layer), while the capture probe and the analyte 

concentrations are kept constant. The results show a significant effect of the porous layer thickness on 

the binding rate, with the latter decreasing for increasing thickness. This agrees with other studies and 

is related to the increase in diffusion time inside the porous layer with increasing pore length, which 

scales as 
2 /d p PSit L D  377, 378. Thus, decreasing the PSi layer thickness will result in an improved 

biosensor sensitivity 377. The impact of the pore diameter (in the range of 30-100 nm) on the binding 

rates is less pronounced. Yet, this result is valid for aptasensors, where the size of the capture probe is 

significantly lower than the diameter of the pores (see Table S5.2.2); whereas, for larger probes (e.g., 

antibodies) this pore diameter range will narrow 164, 189.  

When higher affinity interaction parameters are used for the simulation (an association rate of 105 M-1 

s-1 and dissociation rate of 10-4 s-1, typical for antibody-ligand interactions), the effect of the layer 

thickness and pore diameter is intensified, see Figure 5.2.5d. The simulated binding rate decreases by 

orders of magnitude for thicker porous layer or smaller pore diameter. This is related to the impact of 

the mass transfer limitation in the bulk solution and the rapid formation of a depletion region at the pore 

entrance, owing to the fast uptake of the target. Thus, for biosensing interactions with higher affinity, 
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the porous layer should be designed with smaller thickness and larger pore diameter, compared to lower 

affinity interactions. The number of pores in the PSi nanostructure, which can be correlated to the PSi 

porosity (see derivation in the Supporting Information), also characterizes the porous layer and 

influences the target capture rate. As the number of pores, and accordingly the porosity, decreases, a 

higher binding rate is observed, as presented in Figure S5.2.5 (Supporting Information). This is related 

to the higher diffusion flux into each pore. Nevertheless, the effect is less pronounced compared to the 

porous layer thickness and the pore diameter, even for a high affinity interaction (see Figure S5.2.5b, 

Supporting Information).  

It should be kept in mind that the reflectivity of the PSi transducer, in terms of the intensity and number 

of fringes (for RIFTS), highly depends on the pore diameter and the thickness of the porous layer 18, 382, 

383. Figure S5.2.6 (Supporting Information) shows the experimental reflectivity spectra for PSi films of 

different thicknesses, showing the decrease in the number of fringes for thinner porous films. This in 

turn affects the RIFTS signal processing, whereas the reflectivity of a layer with a thickness below 1 µm 

cannot be reliably analyzed. Thus, the porous layer thickness should be as low as possible to allow high 

binding rates and reflectance intensity, but this value should be optimized to yield sufficient number of 

fringes. The latter is also dependent on the pore diameter 381-383. The effect of the PSi structural 

characteristics on the optical properties is interrelated; thus their collective contribution should be 

considered upon nanostructure optimization 16, 382. To highlight the importance of a rational biosensor 

design, Figure S5.2.7 presents the simulated binding rate for various target concentrations, upon 

decreasing the porous layer thickness to 2 µm and the capture probe density to 2.3∙10-9 mol m-2, 

compared to the original PSi aptasensor. These values have been chosen according to the simulation 

results of the effect of the PSi thickness and capture probe density on the target binding rate, as presented 

in Figure 5.2.5. A significantly enhanced binding rate is observed, suggesting that the LOD can be 

improved by at least 10-fold by simply adjusting the biosensor characteristics.  
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Figure 5.2.5. The effect of biosensor characteristics on the simulated target binding rate. (a, b) Effect 

of capture probe surface density for different target concentrations, for low ( 3 1 11.21 10onk M s− −=   

and 
4 1

6.32 10
off

k s
− −

=  ) and high ( 5 1 110onk M s− −= and 
4 1

10
off

k s
− −

= ) affinity interactions, 

respectively. (c, d) Effect of porous silicon layer thickness for different pore diameters for a target 

concentration of 1 µM, for low ( 3 1 11.21 10onk M s− −=   and 
4 1

6.32 10
off

k s
− −

=  ) and high 

( 5 1 110onk M s− −= and 
4 1

10
off

k s
− −

= ) affinity interactions, respectively. The binding rate was calculated 

as the slope of bound target concentration vs. time curve, in a time frame of 60 min, at the bottom of 

the pore. 

Conclusions 

A theoretical model, in which the complex mass transfer processes involved in target capture within 

PSi-based transducers, is derived. The model considers the bulk diffusion of the target in the solution 

towards the biosensor surface, the hindered diffusion within the porous layer and simultaneous reaction 
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with the immobilized capture probe molecules. We solve the model numerically using parameters which 

were derived experimentally and are characteristic of PSi-based biosensors. The model successfully 

captures the target binding rates of several PSi aptasensors designed for protein detection; while, the 

common-practiced model in which the PSi is assumed as a planar surface and thus neglects the hindered 

diffusion phenomenon, drastically overestimates the target binding rate. Numerical simulation results 

indicate an interrelated effect of both diffusion processes, in the bulk solution and in the porous layer, 

which cannot be separated. Thus, the diffusion within the porous layer should not be neglected and both 

diffusion phenomena are important to accurately represent the transport within PSi-based biosensors, 

especially at low target concentrations. The model results can explain ours and others encountered low 

sensitivity of PSi biosensors (in the micromolar range) and similar target capture regardless of the nature 

of the capture probe-target pair and their theoretical binding affinity. Thus, accelerating mass transport, 

while maintaining similar (or lower) noise levels, is essential to exploit the advantages of high affinity 

capture probes. It should be emphasized that while we focus in our work on mass transfer limitations, 

system noise and signal processing methods also affect the performance of the biosensor and should be 

considered for obtaining maximal enhancement of the biosensor.  

The proposed theoretical model is used to investigate the effect of PSi biosensors characteristics, i.e., 

capture probe surface density, porous layer thickness and pore diameter, which can be tailored during 

biosensor construction, on the capture rate. Importantly, we show that the increased surface area of the 

PSi, which is one of the main advantages of these nanostructured transducers, can in turn lead to an 

excess of target binding sites. This results in further diffusion impedance in the bulk solution and the 

porous layer. Thus, the amount of immobilized capture probes and the corresponding surface density 

should be optimized to allow an efficient mass transfer rate, while still producing a biosensor response 

with a reliable signal-to-noise ratio. Porous layer thickness and pore diameter have also high impact on 

the binding rate; the latter decreasing for thicker PSi layers and smaller pore diameters. Yet, the pore 

diameter should be large enough to accommodate the bioreceptor and the target molecules, while the 

porous layer thickness should be thinned while allowing a reliable optical signal processing.  
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Supporting Information 

Derivation of a Planar Model for the PSi-Based Biosensors (Perfect Collector 

Assumption) 

The PSi biosensor is modelled as a perfect collector, as previously described by Lazzara et al 396. One 

dimensional diffusion in the z direction is assumed. The analyte of interest is introduced to the PSi 

biosensor at an initial concentration 0Ac
 and diffuses in the bulk solution towards the PSi surface with 

a diffusivity coefficient bulkD
. Bioreceptor molecules are immobilized on the PSi surface at a density 

of 
mb . The change in analyte concentration in bulk solution is described by Fick’s second law:  

 

2

, ,

2
0

A bulk A bulk

bulk

c c
D z H

t z

 
=  

 
  S5.2.1 

with the following initial and no-flux boundary conditions: 
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At the PSi surface, the following boundary condition is applied, assuming continuity between the 

diffusive flux and reactive flux: 
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where b  is the bound analyte-bioreceptor complex density on the PSi surface, pd  is the pore diameter 

and pL  is the porous layer thickness. Since both fluxes relate to a different area, equation S5.2.4 

considers the area ratio between the pore entry area (

2
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) and the total area of the pore for reaction 
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The change in the bound complex density is described by: 
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with initial condition: 

 ( , 0) 0.z H tb = = =  S5.2.7 
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Comparison of Theoretical Models to Experimental Results 

Table S5.2.1. Fitting parameters used for the numerical simulations, based on the properties of the 

different aptasensors. 

*n.a. – values are not available 

 

 

 

 

Parameter Description Units Protein A D2 Tyrosinase AGR2 Simulation 

𝐻 Height of 

solution above 

PSi 

m 0.001 0.001 0.001 0.001 0.001 

Lp Porous layer 

thickness 

m 5.5∙10-6 5.5∙10-6 5.5∙10-6 5.0∙10-6 5.5∙10-6 

Dbulk Analyte 

diffusivity in 

bulk 

𝑚2

𝑠
 

7∙10-11 7∙10-11 7∙10-11 7∙10-11 7∙10-11 

dp0 Initial average 

pore diameter 

m 5∙10-8 5∙10-8 5∙10-8 5∙10-8 5∙10-8 

dA hydrodynamic 

diameter of 

analyte 

m ~5.3∙10-9 ~6∙10-9 ~4.0∙10-9 ~5.0∙10-9 ~5.3∙10-9 

dB hydrodynamic 

diameter of 

probe 

m ~3∙10-9 ~3∙10-9 ~3∙10-9 ~3∙10-9 ~3∙10-9 

kon Reaction 

association rate 

1

𝑀 ∙ 𝑠
 

1.21∙103 305 

 

n.a. n.a. n.a. 1.21∙103 

koff Reaction 

dissociation 

rate 

1

𝑠
 

6.32 ∙10-4  

305 

 

n.a. n.a. n.a. 6.32 ∙10-4 

KD Dissociation 

constant 

M 0.522∙10-6  

305 

4.6∙10-6 4.6∙10-6 0.013∙10-6 - 
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Table S5.2.2. Quantification of immobilized aptamer concentration and surface density on the PSiO2. 

Aptasensor 

PSiO2 

volume 

(cm3) 

PSiO2 

surface 

area 

(cm2) 

Moles of 

cleaved 

aptamer 

(nmol) 

CB0 

Concentration 

inside the PSiO2 

(mM) 

bm 

Density inside 

the PSiO2 

(mol m-2) 

Anti-AGR2 2.73∙10-4 827 0.28±0.05 1.0±0.2 (3.3±0.6) · 10-9 

Anti-his tag 3.01∙10-4 910 1.89±0.02 6.28±0.06 (2.07±0.02) · 10-8 

 

The concentration of the aptamer capture probes was experimentally determined for the anti-AGR2 and 

anti-his tag aptasensors, which slightly differ in the porous nanostructure characteristics, the aptamer 

concentration utilized for the immobilization, and the surface chemistry protocol (mainly the amino-

silanization). Thus, the results give a reliable range for the immobilized aptamers for all studied 

aptasensors. Immobilized aptamer concentration and surface density are determined by dividing the 

cleaved aptamer moles from the surface by the total porous volume of area, respectively. The latter was 

measured in a previous study by nitrogen adsorption isotherms and application of BET (Brunauer-

Emmett-Teller) model for a similar PSiO2 nanostructure 341. Since the PSiO2 utilized in the present study 

was characterized with a smaller layer thickness (5000-5500 nm vs. 7880 nm), the surface area was 

corrected according to the layer thickness ratio of both nanostructures. The area of the PSiO2 sample is 

1.33 cm2. 
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Figure S5.2.1. Simulated binding rates for the porous and planar models at target concentrations of 

(a) 1 µM and (b) 0.5 µM. The curves present the bound analyte, normalized to the probe concentration, 

at the bottom of the pore as a function of time. 
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Figure S5.2.2. Comparison of experimental binding curves of the investigated aptasensors, at target 

concentration of 50 µM to numerical simulation results obtained for the porous and planar models, for 

two different binding affinity interactions with (a) KD=1 nM and (b) KD=1 µM. For the experimental 

data, the EOT signals for each aptasensor were normalized to the maximal EOT signal obtained upon 

aptasensor saturation with the target. For the simulated binding, the curves present the bound analyte 

concentration at the bottom of the pore as a function of time. 
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Figure S5.2.3. Change in target concentration in z axis in the bulk solution at different time points, 

simulated by the planar model. The aptasensor parameters were applied for the simulation and the 

concentration is normalized to the initial target concentration solution of 50 µM.  

 

Figure S5.2.4. Relative EOT changes as a function of time for 10 min-mixed and non-mixed AGR2 

(11.4 µM) biosensing experiments on anti-AGR2 aptasensor. As a control, the protein dilution buffer is 

mixed on the aptasensor for 10 min. Black arrows indicate the transfer from mixing to incubation. The 

results show the significant enhancement in binding rate and total signal obtained upon mixing. 
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The Effect of the PSi Porosity on the Binding Rate 

The PSi porosity affects the boundary condition requiring a diffusion flux continuity between the bulk 

solution and the porous layer at the pore entry:  
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where
1A is the surface area of the cell chamber, given by 
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The effect of the porosity (and accordingly the number of pores) is presented in Figure S5.2.5, 

demonstrating higher binding rates for decreasing porosities. 

 

 

 

 

 



Results 

122 
 

 

Figure S5.2.5. (a) Simulated binding rate for the porous model, for different PSi porosity values (P), 

at a target concentration of 1 µM. The curves present the bound analyte, normalized to the probe 

concentration, at the bottom of the pore as a function of time. (b) Simulated effect of the PSi porosity 

on the target binding rate for a target concentration of 1 µM, for low ( 3 1 11.21 10onk M s− −=   and 

4 1
6.32 10

off
k s

− −
=  ) and high ( 5 1 110onk M s− −= and 

4 1
10

off
k s

− −
= ) affinity interactions, respectively. 

The binding rate was calculated as the slope of bound target concentration vs. time curve, in a time 

frame of 60 min, at the bottom of the pore. 
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Characterization of PSi with Different Layer Thicknesses 

PSi thin films were electrochemically etched at 375 mA cm-2 for different time periods, to create layers 

with different thicknesses. The porosity and layer thickness of each nanostructure were determined by 

spectroscopic liquid infiltration method (SLIM), as previously described 16. The results are presented in 

Table S5.2.3.  

Table S5.2.3. Etching time and characterization results by SLIM. 

Etching Time (s) Porosity (%) Thickness (µm) 

60 72±1 11.3±0.3 

30 77±1 5.5±0.2 

10 73±4 1.92±0.01 

5 - ~0.9* 

*The PSi layer fabricated by electrochemical etching for 5 s could not be analyzed by SLIM. Thus, the 

thickness was determined by cross section imaging with high-resolution scanning electron microscopy 

(HRSEM). 

 

Figure S5.2.6 presents HRSEM (Carl Zeiss Ultra Plus, at an accelerating voltage of 1 keV) top view 

micrographs of the different PSi films, as well as the reflectivity spectrum, measured in air. The pore 

diameter and porosity are similar for the different layers; thus, the differences in the reflectivity 

spectrum are attributed to the different thicknesses of the films. 
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Figure S5.2.6. Top view SEM micrographs and reflectivity spectra of PSi with different layer 

thicknesses: (a) 11.3±0.3 µm; (b) 5.5±0.2 µm; (c) 1.92±0.01 µm and (d) ~0.9 µm. For (a-c) the thickness 

was determined by SLIM analysis, while the reflectivity spectrum of structure (d) could not be reliably 

analyzed by FFT. Thus, the thickness of a cross section was evaluated by SEM. The scale bar is 200 nm. 
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Figure S5.2.7. (a) Simulated binding rates for the porous model for an optimized aptasensor (porous 

layer thickness of 2 µm and capture probe density of 2.3∙10-9 mol m-2) vs. the original aptasensor 

(porous layer thickness of 5.5 µm and capture probe density of 1.2·10-8 mol m-2), for different target 

concentrations. The optimized parameters were chosen according to the numerical simulation results 

of the effect of the PSi thickness and capture probe density on the target binding rate. Specifically, for 

the thickness, this value ensures a reliable analysis of the optical signal. The curves present the bound 

analyte, normalized to the probe concentration, at the bottom of the pore as a function of time. (b) 

Comparison of the simulated binding rates for the optimized and original aptasensors as a function of 

target concentration. The binding rate was calculated as the slope of bound target concentration vs. 

time curve, in a time frame of 60 min, at the bottom of the pore. Kinetic parameters were set to 

3 1 11.21 10onk M s− −=   and 
4 1

6.32 10
off

k s
− −

=  . 
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Abstract  

Porous silicon (PSi) nanomaterials have been widely studied as label-free optical biosensors for proteins 

detection. However, these biosensors’ performance, specifically in terms of their sensitivity (which is 

typically in the micromolar range), is insufficient for many applications. Herein, we present a proof-of-

concept application of the electrokinetic isotachophoresis (ITP) technique for real-time pre-

concentration of a target protein on a PSi biosensor. With ITP, a highly concentrated target zone is 

delivered to the sensing area, where the protein target is captured by immobilized aptamers. The 

detection of the binding events is conducted in a label-free manner by reflective interferometric Fourier 

transformation spectroscopy (RIFTS). Up to 1000-fold enhancement in local concentration of the 

protein target and the biosensor’s sensitivity are achieved, with a measured limit of detection of 7.5 nM. 

Furthermore, the assay is successfully performed in complex media, such as bacteria lysate samples, 

while the selectivity of the biosensor is retained. The presented assay could be further utilized for other 

protein targets, and to promote the development of clinically useful PSi biosensors. 

 

Introduction 

Since the seminal work of Sailor and coworkers in 1997 15, porous silicon (PSi) nanomaterials have 

been extensively studied as optical transducers in a variety of biosensing schemes 144, 159, 402, 403. Different 

PSi-based optical structures, such as Fabry-Pérot thin films 15, 160, Bragg mirrors 404, rugate filters 153, 405 

and microcavities 406, 407, have been exploited for detection of small molecules 192, 252, 253, 255, DNA 15, 175, 

184, 187, proteins 26, 29, enzymes 174, 231 and whole cells 33, 172, 330, 408. In these biosensors, selective capture 

of a target analyte within the PSi nanostructure, by surface-immobilized receptors, induces measurable 

shifts in the reflectivity spectrum 15, 17, 18 allowing for real-time and label-free detection and 

quantification of the target in a simple yet reliable manner 15-18, 26. Despite the significant advantages of 

PSi biosensors, their application is limited due to their relatively low sensitivity, attributed mainly to 

the hindered diffusion of analytes into the porous matrix 23, 42, 159, 189, 396. Thus, most of the reports to date 

present measurements in the micromolar range for both DNA 187, 278 and protein 21, 26, 29, 186, 229, 402 targets. 

Significant research efforts have been directed towards improving the sensitivity of PSi-based 

biosensors. Several label-free strategies have been proposed for enhancing the sensitivity. Recently, 

Barillaro and co-workers presented a new signal processing technique which relies on the calculation 

of the average value spectral interferograms over wavelength, demonstrating detection of 150 pM 

bovine serum albumin (BSA) by non-specific adsorption in a PSi Fabry-Pérot thin film 20. In a later 

study, this methodology was applied for the detection of  a protein biomarker of inflammation and 

sepsis at a concentration as low as 3 nM 19. Weiss and co-workers developed a PSi microcavity 

membrane for a flowthrough biosensing platform, which improves the analyte transport into the pores 

and enables the detection of 500 nM streptavidin within 20 min 23.  
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Several recent studies have demonstrated the potential in using isotachophoresis (ITP) focusing to 

enhance surface-based reactions 245, 409-411. ITP is a well-established electrophoretic method that utilizes 

a discontinuous buffer system for simultaneous extraction, separation and concentration of ionic 

species, based on their effective electrophoretic mobility 412-414. Yet, as all the reported assays are based 

on fluorescence detection of the target, they require target labeling or utilization of a labeled secondary 

capture probe. In recent work, we have demonstrated the interfacing the PSi Fabry-Pérot interferometer 

with ITP to achieve highly sensitive and label-free detection of nucleic acids 42. In the present work, we 

extend the applicability of this platform for a real-time pre-concentration of a protein target. As a model 

biosensing system, we utilize a PSi-based aptasensor for detection of his-tagged proteins, which is a 

characterized biosensor with a micromolar-range sensitivity 26. An oxidized PSi (PSiO2) thin film, with 

an insulating oxide layer, is chemically functionalized with polyhistidine tag (his-tag) binding aptamers 

26, 303, 306, 333, and integrated with a microfluidic system. ITP is then applied to focus the target protein 

into a highly concentrated protein zone and deliver it to the PSi biosensor. By holding this concentrated 

protein zone stationary on top of the biosensor via counter-flow 42, the target protein is able to diffuse 

into the porous layer and interact with the capturing aptamers. The binding events are monitored 

throughout the entire ITP process with reflective interferometric Fourier transformation spectroscopy 

(RIFTS) method. We demonstrate detection of the target protein at concentrations as low as 7.5 nM and 

up to 1000-fold enhancement in sensitivity. Importantly, we show that this assay can be successfully 

applied in complex biological fluids such as bacterial lysate samples.  

 

Experimental  

Materials 

Highly doped p-type Si wafers (B-doped, <100>-oriented, 0.95-0.98 mΩ∙cm resistivity) were purchased 

from Sil'tronix Silicon Technologies. Aqueous HF (48%) was supplied by Merck. Ethanol absolute, 

toluene and isopropyl alcohol were supplied by Bio-Lab ltd. Dimethyl sulfoxide (DMSO) was 

purchased from Carlo Erba Reagents. (3-Aminopropyl)triethoxysilane (APTES), succinic acid, N-(3-

Dimethylaminopropyl)-N′-ethylcarbodiimide hydrochloride (EDC), Bis(2-hydroxyethyl)amino-

tris(hydroxymethyl)methane (Bis-Tris), N-[Tris (hydroxymethyl) methyl] glycine (Tricine), and all 

buffer salts were purchased from Sigma-Aldrich Chemicals. All solution were prepared with Milli-Q 

water (18.2MΩ∙cm). Anti-His Tag aptamer 6H7 (5'-GCT ATG GGT GGT CTG GTT GGG ATT GGC 

CCC GGG AGC TGG C-3') sequence was obtained from the U.S patent specification U.S. 7329742 303. 

Aptamers were purchased with a 5'-amino modification from Integrated DNA Technologies. Alexa 

Fluor® 488 Succinimidyl Ester was purchased from ThermoFisher Scientific. Sylgard® 184 Silicon 

Elastomer kit (PDMS) was purchased from Dow Corning. Target his-tagged protein domain 4 of 

extracellular endo-alpha-(1->5)-L-arabinanase 1 (AbnA(D4)) was generously supplied by Prof. Yuval 

Shoham. E. coli K12 was generously supplied by Prof. Sima Yaron. Luria-Bertani (LB) medium was 
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prepared by dissolving 5 g of NaCl, 5 g of yeast extract, and 10 g of tryptone in 1 L of deionized water. 

5 mM phosphate buffered saline (PBS) was composed of 68.5 mM NaCl, 1.35 mM KCl, 5 mM 

Na2HPO4 and 1 mM KH2PO4 (pH 7.4). Selection buffer (SB) was composed of 50 mM K2HPO4 and 

150 mM NaCl (pH 7.4). Elution buffer was composed of 50 mM K2HPO4, 150 mM NaCl and 1 M 

Imidazole (pH 7.4). LE buffer was composed of 200 mM Bis-Tris, 150 mM NaCl and 100 mM HCl 

and TE buffer was composed of 20 mM Bis-Tris and 10 mM Tricine. 

Bacteria Lysate Preparation and Protein Labelling 

A freeze culture of E. coli K12 was cultivated in a sterile LB medium (5 mL) overnight at 37 C, under 

continuous shaking. The resulting culture was spun down in a standard lab centrifuge (2-16P, Sigma 

Laboratory Centrifuges) at 4500 rpm for 10 min, replacing the supernatant with 5 mL of TE buffer for 

the spiked lysate samples or with 0.1M NaHCO3 (pH 8.3) buffer for the labelling process. After 

additional resuspension, the culture was ultrasonicated on ice, at 4 °C at a constant amplitude of 40% 

by using a Vibra cell VCX 750 instrument (Sonics & Materials Inc.). The culture was ultrasonicated 

for 2 min, with 30 s pulses and 30 s pauses in-between to avoid temperature rise. Cell debris were then 

removed by ultracentrifugation at 4 C for 30 min at 12000 g (1-15K, Sigma Laboratory Centrifuges) 

and the supernatant was then used as the bacteria lysate samples. 

The target protein (AbnA(D4)) and bacteria lysate for negative control experiments were fluorescently 

labelled with Alexa Fluor® 488 succinimidyl ester. The target protein or lysate samples were mixed 

with the dye at a ratio of 1:5 (molar ratio for the protein and weight ratio for the lysate) in NaHCO3 

buffer for 1 hr. Then the labelled proteins were separated from the free dye by PD SpinTrap G-25 

(GE Healthcare Life Sciences) and eluted with PBS buffer. All concentrations were determined with 

NanoDrop instrument (NanoDrop 2000 spectrophotometer, Thermo Scientific). After addition of 10% 

glycerol, the labelled samples were aliquoted and stored at -20 ˚C until further use.  

Bacteria lysate, fluorescently labelled and non-labelled, were analyzed with a standard SDS-PAGE. 

Briefly, the analysis was performed on a discontinuous buffer system 313, using 15% separating gel and 

4% stacking gel. 30 μL bacteria lysate samples were mixed with 10 μL sample buffer (4x) and heated 

for 10 min at 95 C. The gel was stained with 0.25% Coomassie brilliant blue (R-250) in 50% ethanol 

and 10% acetic acid and destained in 20:10:70 (v/v/v) methanol:acetic acid:water.  

Fabrication and Characterization of Oxidized Porous Silicon Thin Film 

Highly doped p-type crystalline Si wafers (0.95-0.98 mΩ∙cm) were cleaned in an ultrasonic bath 

(Elmasonic S 10, Elma Schmidbauer GmbH) in isopropyl alcohol for 15 min, rinsed with ethanol and 

dried under nitrogen stream. Then, an electrochemical etching process was conducted to create the 

porous silicon thin film, using a solution of aqueous HF and ethanol. Caution: HF is a highly corrosive 

liquid and thus should be handled with extreme care! A detailed description of the etching setup can be 

found elsewhere 26. The electrochemical etching process was conducted in two steps. First, a sacrificial 
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layer was etched at a constant current density of 375 mA cm-2 for 30 s, in a 3:1 (v/v) solution of aqueous 

HF and ethanol, respectively. The obtained porous layer was removed by exposure to 0.1M NaOH for 

2 min, followed by exposure to a solution of 1:3:1 (v/v) HF, ethanol, and deionized water, respectively, 

for 2 min. Next, a second etching was performed, at the same etching conditions as above. After each 

step, the silicon surface was thoroughly rinsed with ethanol and dried under nitrogen stream. The freshly 

etched PSi was then thermally oxidized in a tube furnace (thermolyne) at 1000 C for 46 h under 

constant oxygen flow of 0.5 L min-1. High resolution scanning electron microscopy (HRSEM) was used 

for structural characterization of the oxidized PSi (PSiO2) nanostructure, utilizing a Carl Zeiss Ultra 

Plus microscope, at an accelerating voltage of 1 keV. 

Fabrication and Integration with Microfluidic Device 

PDMS microchannels were fabricated based on an SU8 template. The template was constructed by 

standard lithography at Stanford Microfluidic Foundry (Stanford University, Stanford, CA, 

http://www.stanford.edu/group/foundry/) 310. Using the template, the microfluidic channels were 

fabricated in-house from PDMS at 10:1 ratio of polymer and cross-linker, respectively, followed by 

curing at 100 C for 3 h. The PDMS microchannels were attached to the SiO2 chip (containing both 

planar and porous SiO2 regions), by exposure of the inner surface of the PDMS to oxygen plasma for 

40 s, using a laboratory corona treater (BD-20V Electro-Technic Products), followed by baking at 

100 C for 3 h. 

Functionalization of Oxidized Porous Silicon Thin Film 

Immobilization of amino-modified 6H7 aptamers to PSiO2 was performed as reported by Urmann 

et al 26. Briefly, prior to integration with the PDMS microchannels, the PSiO2 samples were incubated 

with a solution of 42 mM APTES in toluene for 1 h, followed by a thorough rinsing with toluene, 

ethanol and acetone and drying under a nitrogen stream. The APTES-modified surface was then 

incubated in a solution of 100 mg of succinic acid in 4.7 mL of DMSO and 300 μL of 0.1 M NaHCO3 

(pH 9.4) for 30 min. The surface was then thoroughly washed with DMSO and deionized water and 

dried under stream of nitrogen. Subsequent chemical modification steps were carried out after 

attachment of PDMS microchannels, adjacent to the biosensing experiments. All solutions were 

introduced into the microchannels using a vacuum pump; however the reactions were performed under 

stationary conditions, without flow. First, the microchannel was washed with 70% aqueous ethanol 

solution and SB, followed by incubation with a 52 mM EDC in SB, for 1 h. Subsequently, a solution of 

75 μM aptamer in SB was introduced into the microchannel and incubated for 1 h. Then, a thorough 

washing with 50 mM Tris buffer (pH 7.4) was performed, followed by washing and incubation with 

elution buffer for 30 min and SB for 30 min. 

 

http://www.stanford.edu/group/foundry/
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Measurement of Interferometric Reflectance Spectra and Fluorescence Imaging 

To collect both interferometric reflectance spectra and fluorescent signal, a customized Zeiss upright 

microscope equipped with an Ocean Optics charge-coupled device (CCD) USB 4000 spectrometer, was 

utilized. A two-port adapter was used to selectively transmit the light either to the microscope camera 

(Axio Cam MRc, Zeiss) or to the collimator, coupled to a fiber optic. An additional two-port adapter 

was used to switch between light from a halogen source (halogen100 illuminator, Zeiss) and 

XCite® 120Q excitation light source (Excelitas Technologies). The PSiO2-microfluidic device was 

fixed to the microscope stage, under the objective. For the reflectance spectra measurements, the PSiO2 

region of the microchannel was illuminated with light from a halogen source, focused through an A-

Plan objective (10x magnification, 0.25 NA, Zeiss). The size of the illumination spot was controlled by 

the microscope iris and adjusted to the microchannel width of 350 μm. The reflectivity spectra were 

collected using the CCD spectrometer and analyzed by applying FFT, as previously reported by 

Massad-Ivanir et al 330. The optical data is presented as relative ∆EOT, defined as 

∆𝐸𝑂𝑇𝑡

𝐸𝑂𝑇0
 =  

𝐸𝑂𝑇𝑡 − 𝐸𝑂𝑇0

𝐸𝑂𝑇0
 

where the term EOT0 refers to the averaged EOT recorded during the initial baseline of the optical 

experiment. 

For the fluorescence imaging, the illumination was switched to a light coming from X-Cite® 120Q 

excitation light source. The imaging was conducted with the camera, at a constant exposure time of 100 

ms, concurrently to the reflectance measurements. 

Standard and ITP-based Biosensing Experiments  

The biosensing experiments were conducted immediately after preparation of the PSiO2-microfluidic 

device. In the standard experiment, an EOT baseline was obtained with a mixture of LE and TE buffer, 

at a ratio of 2:1, respectively. This buffer composition was utilized to simulate the buffer conditions at 

the ITP peak, at the LE/TE interface. Subsequently, the protein solution (diluted in 2:1 LE-TE) was 

introduced using a vacuum pump and incubated for 30 min. Reflectivity spectra were recorded under 

static conditions, with no flow, every 15 s. The microchannel was then thoroughly washed with 2:1 LE-

TE. 

For the ITP-based biosensing experiment, a similar protocol as recently reported by Vilensky et al. 42 

was utilized. Briefly, the microchannel's east reservoir and the microchannel itself were filled with LE 

buffer using a vacuum pump and an EOT baseline was obtained. The measuring site was maintained 

constant throughout the whole experiment. Then, the microchannel's west reservoir was rinsed with 

deionized water several times and filled with the protein sample, diluted in TE. To initiate ITP, a 

constant voltage of 350 V was applied across the channel, using a high-voltage power supply 

(model PS375, Stanford Research Systems, Inc.). The location of the ITP peak was visualized by the 
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fluorescence microscope camera and its locations was controlled by applying a pressure driven counter-

flow, produced by an external water column connected to the east reservoir. For the counter-flow ITP 

mode, once the ITP focusing zone arrived to the PSiO2 measuring site, it was kept stationary by applying 

a positive pressure to counter electromigration with the water column, for as long as the ITP plug was 

stable or for a maximum voltage time of 30 min. During this time, the reflectance spectra were recorded 

and analyzed in real-time, concurrently to monitoring the position of the ITP plug with the microscope 

camera. The reflectivity acquisition was not performed in fixed time intervals, but upon stabilization of 

the ITP plug on top of the biosensor. Next, the voltage was turned off and the ITP plug was pushed 

back to the west reservoir by negative pressure. The channel was then rinsed thoroughly with LE buffer 

using a vacuum pump, to remove any unbound proteins. For all the baseline and rinsing steps, the 

reflectance spectra were recorded every 15 s.   

For the pass-over ITP mode, the reflectance spectra were recorded continuously, every 1 s, and analyzed 

in real-time. As the ITP plug electromigrated above the measuring site, with an approximate velocity 

of ~20 µm s-1 (without applying any counter pressure), the voltage was turned off and the channel was 

washed with LE buffer.   

For the control experiments of ITP without protein, the experiment was conducted as for the pass-over 

ITP mode. To prevent arrival of TE buffer to the measuring site, a total voltage time of 15-20 min was 

measured, before the voltage was turned off and the channel was rinsed with LE buffer.  

Results and Discussion 

A schematic illustration of the biosensor design and corresponding assay is presented in Figure 5.3.1a. 

The biosensor is constructed from a PSi Fabry-Pérot thin film, used as an optical transducer, and 

aptamers specifically binding the his-tag sequence of proteins (6H7 aptamer) are conjugated to the 

porous nanostructure 26, 303, 306, 333. This biosensor, previously developed by our group 26, is adapted as a 

model system for demonstrating the applicability of ITP for pre-concentration of proteins on PSi. As 

the behavior of aptamers may vary drastically when conjugated to a surface 351, working with a well-

characterized system is important for proper characterization of the biosensor. The PSi nanostructure is 

fabricated by anodization of a heavily-doped p-type crystalline Si wafer at a constant current density of 

375 mA cm-2 for 30 s. The resulting porous film is thermally oxidized at 1000˚C for 46 h under oxygen 

flow to create a robust insulating oxide layer that can withstand the high voltage applied during ITP 42. 

High-resolution scanning electron microscopy of the oxidized film reveals that the integrity of the 

delicate porous nanostructure is maintained during the harsh oxidation step and interconnecting 

cylindrical pores with an average diameter of 45±10 nm are observed (Figure S5.3.1, Supporting 

Information). The porous nanostructure thickness is 4.8 µm and a 780-nm-thick planar SiO2 layer is 

observed beneath the PSiO2 layer. Figure S5.3.1 also presents the raw reflectivity data and 

corresponding FFT spectra of the planar and porous SiO2 layers. Following oxidation, subsequent 

silanization and carbodiimide coupling steps are used to conjugate the amine-terminated 6H7 aptamers 
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to the porous surface 26 and successful immobilization is confirmed by RIFTS (Figure S5.3.2). The 

biosensor is integrated with polydimethylsiloxane (PDMS) microchannels, as illustrated in Figure 

5.3.1a. The PDMS microchannel, 3 cm in length, 350 μm in width and 25 μm in depth, is attached to 

the PSiO2 by plasma activation. It should be noted that the aptamer immobilization step is carried out 

following the assembly with the microchannel and adjacent to the biosensing experiments.  

One of the main considerations in designing an ITP assay is proper choice of a discontinuous buffer 

system, comprising a leading electrolyte ion (LE) and terminating electrolyte ion (TE), having higher 

and lower electrophoretic mobility than the target, respectively 415. The buffer system should be chosen 

according to the charge of the target and optimized to allow maximal ITP focusing, proper functionality 

of the biological capture probe and suitability to the PSiO2 substrate, which may be affected by buffers 

with a high pH value 245. In the present work, the target is a 24 kDa his-tagged protein from the 

arabinanase family. This protein possesses a theoretical isoelectric point of 5.45 (calculated based on 

its amino acid sequence) and is accordingly characterized by a net negative charge at a neutral pH. 

Thus, an anionic ITP is applied and LE and TE buffers are chosen accordingly. Cl- was used as a leading 

ion, Tricine as a terminating ion and Bis-Tris as the counterion. This buffer system was recently 

demonstrated for anionic protein focusing with ITP 245. In addition, proper function of the aptamers as 

capture probes is dependent on their correct 3D folding and typically requires performing the binding 

reactions in the buffer used in their selection process (i.e., selection buffer) 26, 29, 33, 351. Herein, the pH 

value of the chosen buffer system (~7) resembles that of the 6H7 aptamer's selection buffer, and the LE 

buffer is further supplemented with 0.15 M NaCl. The latter is not only ideal for the aptamer-protein 

interaction, but also improves the ITP focusing ratio 245. Furthermore, prior to ITP, the selection buffer 

is introduced into the microchannel to ensure the proper folding and functionality of the immobilized 

aptamer. As presented in Figure 5.3.1a, upper panel, in a typical ITP-based biosensing experiment, the 

microchannel and the East reservoir are first filled with LE buffer, while the West reservoir is filled 

with the target protein, mixed in TE buffer. Voltage is then applied along the channel and a sharp electric 

field gradient is formed at the LE-TE interface where the target protein focuses. The target continuously 

accumulates at the LE-TE interface and a highly-concentrated protein zone is formed. This zone, 

referred to as the ITP peak, electromigrates along the channel toward the PSiO2 biosensor region where 

the target protein is captured by the 6H7 aptamers (Figure 5.3.1a, lower panel). At this stage, two 

different ITP assay modes, pass-over and counter-flow, are tested, presented in Figure 5.3.1b as raw 

fluorescence images of the target protein ITP peak. In the pass-over ITP mode, the ITP peak passes 

over the PSiO2 biosensor without stopping. The interaction of the ITP peak with the sensing area is 

minimal and only a few seconds in time. In the counter-flow ITP mode, as the ITP peak arrives to the 

biosensor, it is held stationary for up to ~25 min, by applying a pressure driven flow, which counters 

the electromigration. Target infiltration into the porous layer and capture by the 6H7 aptamers are 

monitored in real-time during the ITP assay by RIFTS, and changes in the effective optical thickness 

(EOT), which is the product of the average refractive index and the thickness of the porous layer, are 
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computed. It should be noted that the protein is fluorescently labelled in the assay only to allow 

visualization of the ITP peak location, but no labelling is required for the biosensing experiments. 

Although not tested herein, the presence of the ITP peak on top of the biosensor could be also controlled 

by real-time analysis of the EOT signal. Figure 5.3.1c summarizes the relative ∆EOT changes for 

biosensing experiments of 750 nM target protein under counter-flow and pass-over ITP modes. For 

comparison, the obtained signal for a similar experiment using a standard (no ITP) biosensing 

experiment is also presented. While no change in the EOT signal is observed under standard conditions, 

a significant EOT increase is obtained when ITP is applied, with both ITP assay modes. Furthermore, 

a ~5.4-fold signal enhancement is observed when counter-flow ITP mode is applied, in comparison to 

the pass-over mode. This is ascribed to the enhanced diffusion flux of the target protein into the porous 

nanostructure as well as sufficient interaction time to allow binding of the protein to the immobilized 

aptamers in the counter-flow assay 245. Thus, the counter-flow mode is further utilized in this work as 

will be described next.  

 

Figure 5.3.1. (a) Schematic illustration of the PSiO2 biosensor setup and an ITP-based biosensing 

experiment. Upper panel: the target protein sample is mixed with TE buffer in the west reservoir, while 

the channel and the east reservoir are filled with LE buffer. Lower panel: as voltage is applied, the 

target protein focuses at the LE-TE interface and electromigrates along the channel toward the PSiO2 

sensing area where it is captured by the targeting aptamers. (b) Raw fluorescence images of the target 

protein, focusing under different modes of ITP assay. (c) Averaged relative ∆EOT signal for counter-

flow ITP, pass-over ITP and standard (STD) configurations for 750 nM target protein, demonstrating 

the profound increase in signal upon counter-flow ITP mode (n≥2 for each data set). a,b,cDifferent 

superscript letters indicate a statistically significant difference (t test, p<0.05).  

 

Figure 5.3.2a compares relative ∆EOT changes during time for typical ITP-based and standard 

biosensing experiments of 750 nM target protein. First, an EOT baseline is acquired in LE buffer for 

ITP-based experiment, and a mixture of 2:1 LE and TE, respectively, for standard experiment. This 

buffer mixture is utilized to simulate the buffer conditions in the ITP peak. Then, for the ITP-based 

experiment, a 350 V voltage is applied, and ITP is initiated. As the concentrated protein zone arrives to 
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the PSiO2 biosensor region, it is held stationary and the reflectivity spectra are recorded. For the 

standard experiment, the protein sample is introduced and incubated in the channel for 30 min. It should 

be noted that the reflectivity spectra in these experiments are recorded under static conditions, with no 

flow. For both assays a gradual EOT increase is observed until saturation is attained. This increase is 

attributed to the infiltration of the protein molecules into the pores and binding to the immobilized 

aptamer. The noisy signal during this step stems from the basic experimental setup (pressure driven 

flow produced by a water column) used for controlling the location of the ITP focusing zone over the 

PSiO2 biosensor region and the concurrent reflectivity measurements. Since the stabilization is manual, 

slight movements of the ITP plug occur during the reflectivity measurements, which result in the 

observed fluctuations in the signal during this step. Next, the microchannel is thoroughly washed with 

the baseline buffers and a rapid decrease in the EOT signal is observed for both experiments, as unbound 

proteins are washed away. Accordingly, this steady state EOT shift is ascribed to the surface-bound 

targets and constitutes the relevant readout signal of the assay. The attained relative ∆EOT value in the 

ITP-based assay is 2.8·10-3 (corresponding a net EOT shift of 41 nm) in comparison to only 0.15·10-3 

(corresponding a net EOT shift of 2.5 nm) in the standard mode, demonstrating a significant signal 

improvement by ITP. Qualitatively, the change in the EOT as a function of time observed during ITP 

resembles that of a standard biosensing experiment in which the concentration target protein is 7.5 μM 

(see Figure S5.3.3).  

Figure 5.3.2. (a) Relative ∆EOT changes vs. time of the constructed biosensor during typical ITP-based 

(blue line) and standard (STD) (red line) biosensing experiments with 750 nM target protein. (b) 

Averaged relative ∆EOT signal for different concentrations of the target protein under STD and ITP 

conditions. Biosensing experiments are also conducted without target protein as a negative control (n≥3 

for each concentration).  

Sensitivity enhancement and improvement in LoD are studied by exposure of the biosensor to different 

concentrations of the target protein (0.75 nM – 7.5 μM) under ITP and standard configurations. The 

results are summarized in Figure 5.3.2b, presenting the averaged relative ∆EOT changes for each 

concentration (summarizing n≥3 repeats for each). For standard conditions, an EOT signal is only 
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observed for protein concentrations ≥7.5 μM, while for lower concentrations of 750 nM and 75 nM no 

EOT shifts are detected. These results are in agreement with the micromolar detection range observed 

by Urmann et al. 26. When applying ITP, EOT changes are already detected at a target concentration of 

7.5 nM, demonstrating a significant enhancement in sensitivity of the biosensor and an improvement in 

the LoD by more than 100-fold and up to 1000-fold (a typical ITP experiment with 7.5 nM target is 

presented in Figure S5.3.4, and raw reflectivity data and respective FFT spectra are depicted in Figure 

S5.3.5). It should be pointed out that the dissociation constant of the 6H7 aptamer is only 4.6 µM 306. 

Thus, the presented assay allows overcoming the limited binding affinity of the capture probe by 

detection of the protein with initial concentration far below the dissociation constant. In standard 

experiments, the target delivery to the biosensor is governed by diffusion and reaction kinetics. For 

protein concentrations of 750 and 75 nM (which are below the Kd of the aptamer), the reaction kinetics 

is limited by the reaction off-rate, which dominates this concentration regime and is characterized by 

single-molecule binding and de-binding events 36. ITP, which increases the local target concentration 

above the biosensor, affects both diffusion and reaction kinetics. The former is accelerated due to the 

higher concentration gradient, while the latter is enhanced by pushing the reaction to a regime 

dominated by the reaction on-rate. Additional contribution of counter-flow ITP assay is by introducing 

sample mixing in the ITP plug 416, which further enhances the target flux to the biosensor. The poor 

performance of ITP at a protein concentration of 0.75 nM may be attributed to dispersion, which arises 

from electroosmotic flow (EOF). Note that no EOF suppressing agents, such as polyvinylpyrrolidone, 

were used in the present study, as our previous work has shown that the polymer may affect the integrity 

of the optical readout 42. Yet, effects ascribed to reduction in fluorescence signal (see Figure 5.3.3a) 

possibly due to fluorophore adsorption to the PDMS microchannel and photobleaching may be also 

considered as they result in loss of peak visualization and consequently significant reduction in 

interaction time (to ~10 min, in comparison to ~25 min for higher protein concentrations). As the ITP 

assay involves a complex buffer system, the biosensor response to the buffers (no target protein) is also 

characterized. Figure S5.3.6 presents the relative ∆EOT changes during time for these experiments, 

where the electromigration of the LE-TE interface is monitored by real-time analysis of the EOT 

changes and exploits the significant difference in refractive index between LE and TE buffers. No EOT 

changes are detected during these experiments (Figure 5.3.2b), confirming that the optical signal is only 

ascribed to binding events occurring within the porous nanostructure.   
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The actual target protein concentration within the ITP peak is estimated by analysis of the target 

fluorescence intensity. Figure 5.3.3a presents raw fluorescence images of the ITP peak of different 

concentrations of the target protein. The analysis of the fluorescence signal is conducted for the lower 

concentration range (Figure 5.3.3a, upper panel) due to signal saturation for protein concentrations of 

750 nM and 75 nM (Figure 5.3.3a, lower panel). Figure 5.3.3b compares the maximal fluorescence 

intensity of the ITP peak for target concentrations of 7.5 nM and 0.75 nM to the fluorescence values 

observed under standard experiment with the protein at 7.5 μM and 0.75 μM. No significant difference 

(t-test, p>0.05) in fluorescence intensity of the target protein is observed between 7.5 nM ITP peak and 

7.5 μM standard experiment, and 0.75 nM ITP peak and 0.75 μM standard experiment. These results 

suggest a 1000-fold increase in the local target concentration within the ITP peak, compared to the 

initial concentration of the sample, for the corresponding concentrations. Furthermore, for 0.75 nM 

target protein, the actual concentration within the ITP peak is estimated to be 0.75 μM, far below the 

dissociation constant of the 6H7 aptamer, suggesting that for protein’s concentrations lower than 

7.5 nM, the sensitivity is limited by the aptamer's affinity and not by the ITP assay. Thus, by utilizing 

different capture probes with lower dissociation constants, higher sensitivity and lower LoD may be 

achieved.   

Figure 5.3.3. (a) Raw fluorescence images of the ITP peak for different concentrations of the labeled 

target protein. (b) Comparison of the fluorescence intensity values of the labeled protein measured 

during standard (STD) vs. ITP biosensing experiments (n≥3 for each data set). a,bDifferent superscript 

letters indicate a statistically significant difference (t test, p<0.05).  

 

The selectivity of the biosensor under ITP and its performance in complex media, rich with proteins, 

are studied by introduction of E. coli lysate suspension (with protein concentration of 20 μg mL-1) 

spiked with 18 μg mL-1 of the target protein (corresponding to 750 nM). This complex sample is rich in 

non-target proteins, with different molecular weights, as presented in the SDS-PAGE analysis in Figure 
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S5.3.7. Figure 5.3.4a depicts the relative ∆EOT changes vs. time in this set of experiments in 

comparison to behavior of a neat lysate (no target protein). For both experiments, a gradual increase in 

the EOT signal is observed, as the target and non-target proteins infiltrate into the porous layer. 

However, upon a washing step with LE buffer, as the non-target proteins are washed away, the EOT 

signal rapidly decreases for lysate sample to its original EOT value, while for the spiked lysate sample, 

a profound relative ∆EOT signal of 1.94·10-3 (corresponding to a net ∆EOT value of 33 nm) is observed. 

This signal is attributed to the selective binding of the target protein by the 6H7 aptamers from a diverse 

concentrated mixture of non-target proteins. Figure 5.3.4b compares the averaged relative ∆EOT 

changes for neat target protein, E. coli lysate spiked with the target protein and neat lysate (no target 

protein) upon ITP biosensing experiments. A similar EOT signal (t-test, p>0.05) is obtained for a neat 

target protein and the target protein within the lysate sample, demonstrating the excellent performance 

of the constructed biosensor in detecting the target protein upon ITP, even in a highly complex sample 

overabundant with non-target proteins and shorter interaction time. The ITP peak in the presence of the 

lysate sample, overloaded with a diversity of proteins, could not be held stably stationary above the 

sensing area, resulting in reduction of interaction time to ~10 min, in comparison to ~25 min with a neat 

protein sample. This may be ascribed to dispersion due to EOF. Additionally, this suggests that 

reduction in assay time without significantly affecting the EOT signal may be possible. For neat lysate 

samples, a significantly lower EOT signal (t-test, p<0.05) is observed, attributed to a minimal 

(a) (b)

Figure 5.3.4. (a) Relative ∆EOT changes vs. time of the aptamer-based biosensor during a typical 

ITP experiment with E. coli lysate suspension (with protein concentration of 20 μg mL-1) spiked or 

non-spiked with 18 μg mL-1 of the target protein (corresponding to 750 nM). (b) Averaged relative 

∆EOT signal for ITP biosensing experiments of neat target protein, E. coli lysate spiked with the 

target protein and neat E. coli lysate (no target protein), demonstrating great performance and 

selectivity of the assay in a highly complex media (n=4 for each data set). Note: for neat lysate 

samples, a fluorescently-labeled lysate is utilized, while for spiked samples, a non-labeled lysate is 

used. a,b Different superscript letters indicate a statistically significant difference (t test, p<0.05). 
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nonspecific adsorption of non-target proteins. Additional feature of ITP is its ability to separate the 

ionic species within the sample, based on their effective electrophoretic mobility. This is demonstrated 

in Figure S5.3.8, presenting the sample separation by ITP of a target-spiked lysate. Although not 

investigated extensively herein, this feature has the potential to further improve the specificity of the 

biosensor, separating the target from other interfering species and creating a neat target plug. This is 

especially valuable when analyzing complex biological fluids, loaded with non-target molecules. 

In this proof-of-concept work we have demonstrated the applicability of ITP for protein focusing on 

PSi biosensor. Utilizing ITP, we were able to enhance the local target protein concentration at the 

sensing area by 1000-fold and maximize the optical signal. A nanomolar LoD is demonstrated in less 

than 50 min assay time. Furthermore, the successful performance in highly complex bacteria lysate 

samples demonstrates the tremendous potential of the assay for constructing clinically relevant 

biosensing schemes. This is the first time that ITP has been applied for protein focusing on PSi 

biosensors, as well as the utilization of immobilized aptamers as capture probes in an ITP assay. This 

assay is independent of other signal amplification techniques and could be combined with other 

strategies to further enhance the sensitivity of PSi biosensors. 
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Supporting Information 

HRSEM Characterization and Reflectivity Spectra of the PSiO2 Nanostructure 

  

Figure S5.3.1. Characterization of the PSiO2 nanostructure; High resolution scanning electron 

microscopy images (a) cross-sectional view and (b) top-view. (c) Reflectivity spectra and (d) 

corresponding FFT peaks of planar SiO2 and porous SiO2 in air and porous SiO2 in ddH2O (oxidized 

at the same conditions). While no EOT (2nL) shift is observed for SiO2 FFT peak upon introduction of 

ddH2O, a clear red-shift is observed for PSiO2 FFT peak due to the water filling of the pores and the 

corresponding change in the average refractive index of the porous layer.   
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RIFTS Analysis of Aptamer Immobilization on the PSiO2 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure S5.3.2. Relative ∆EOT signal for activation of carboxylated PSi surface with EDC followed by 

conjugation of amino-terminated 6H7 aptamers. The increase in EOT in each step confirms the 

successful immobilization of the 6H7 aptamers to the PSiO2. Note: the ∆EOT values are normalized to 

the EOT value of the carboxylated PSi surface. 
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Standard Biosensing Experiment with 7.5 μM Target Protein 

 

 

 

 

 

 

 

 

 

 

 

Figure S5.3.3. Relative ∆EOT changes vs. time of the constructed biosensor during standard biosensing 

experiment with the target protein. First, a baseline is acquired in a 2:1 mixture of LE-TE. This 

composition was utilized to simulate the conditions in the ITP peak interface. Then, 7.5 μM target 

protein is introduced and a gradual increase in the signal is observed as the protein infiltrates into the 

porous layer and interacts with the capturing aptamers. After 30 min of incubation with the protein, a 

thorough washing with the LE-TE mixture is performed until a stable signal is attained. The final 

increase in the signal in comparison to the initial baseline demonstrates binding of the target protein 

to the constructed biosensor. 
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ITP Biosensing Experiment with 7.5 nM Target Protein 

 

Figure S5.3.4. Relative ∆EOT changes vs. time of the constructed biosensor during ITP biosensing 

experiment with target protein at a concentration of 7.5 nM.  
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Raw Reflectivity Spectra and FFT Peaks of ITP Biosensing Experiments 

Figure S5.3.5. Raw reflectivity spectra and the corresponding FFT peaks of the biosensor before 

and after exposure to the target protein upon ITP biosensing experiments; (a) reflectivity spectra 

and (b) FFT peaks for ITP biosensing experiment of 750 nM target; (c) reflectivity spectra and (d) 

FFT peaks for ITP biosensing experiment of 0.75 nM target. Note: Since the spectrometer in each 

experiment was calibrated on planar SiO2 (oxidized at the same conditions), the SiO2 FFT peaks 

are not visualized in the spectrum. Additionally, the bending in the reflectivity spectrum at ~450-

550 nm after exposure to target upon ITP experiment with a concentration of 750 nM is attributed 

to the fluorescence signal of the labelled target.  
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Control Experiments of ITP without Protein, with or without Exposure to TE  

 

Figure S5.3.6. (a) Relative ∆EOT changes vs. time of the constructed biosensor during standard 

introduction of LE and TE buffers into the microchannel (reflectivity spectra are recorded in static 

conditions, with no flow). First, a baseline is acquired in LE buffer. Then, the channel is washed with 

TE buffer and a sharp decrease in the signal is observed, indicating the significant difference in the 

refractive index between both buffers, which could be utilized for real-time monitoring of the LE-TE 

interface electromigration during ITP. Subsequently, the channel is washed with LE buffer and the 

signal returns to its original baseline, demonstrating that the optical properties of the constructed 

biosensor are not affected by LE or TE buffers. (b) Relative ∆EOT changes vs. time of the constructed 

biosensor during ITP experiment with no protein. Initially, the channel and the east reservoir are 

washed with LE and a baseline is acquired. Subsequently, the west reservoir is washed with DI water, 

filled with TE buffer and a constant voltage of 350 V is applied. After ~2.5 min and ~6 min an increase 

in the optical signal is observed, which is attributed to impurities concentrating at the LE-TE interface. 

After ~20 min, a sharp decrease in the signal is observed, indicating the arrival of the TE buffer, with 

lower refractive index, to the measuring site. The voltage is then turned off and the channel is rinsed 

with LE buffer. The signal increases, however, does not return to its original baseline. A significant net 

negative EOT signal is observed, suggesting a change in the optical properties of the biosensor upon 

exposure to TE buffer, under applied voltage. As the aptamer molecules are negatively charged, this 

negative signal may be ascribed to changes in aptamer's conformation and folding upon the applied 



Results 

146 
 

voltage and the drastic change in the buffer conditions from LE to TE during ITP. Nevertheless, 

throughout ITP with the target protein, the biosensor surface is exposed to LE buffer and the ITP peak 

solely and not to a pure TE buffer and thus these significant negative EOT changes are not observed. 

(c) Relative ∆EOT changes vs. time of the constructed biosensor during ITP experiment with no protein, 

without exposure to TE. The experiment is conducted as above, however the voltage is turned off before 

the biosensor surface is exposed to TE buffer, without modifying significantly the assay time (after 

~20 min of running ITP). In this case, upon rinsing the channel with LE, the optical signal returns to 

its initial baseline. Hence, the control experiments of ITP without the target protein are conducted in 

this manner, without exposing the biosensor to pure TE buffer, similarly to ITP experiments with the 

target protein. 

 

SDS-PAGE Analysis of Fluorescently Labelled/Non-Labelled Bacteria Lysate 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure S5.3.7. SDS-PAGE analysis of bacteria lysates used for the biosensing experiments, 

demonstrating high diversity of non-target proteins. (a) molecular size marker; (b) non-labelled 

bacteria lysate, used for the biosensing experiments with bacteria lysate spiked with the target protein; 

(c) fluorescently labelled bacteria lysate used for the control biosensing experiments. Note: different 

concentrations of labelled and non-labelled bacteria lysate were used for the SDS-PAGE analysis.  
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Sample Separation and Accumulation Over Time During ITP  

 

Figure S5.3.8. Raw fluorescence images of the ITP peak of a target-spiked lysate sample, 

demonstrating sample separation and accumulation over time. ITP enables separation of the ionic 

species based on their effective electrophoretic mobility, while the infinite injection mode in ITP causes 

a continuous species accumulation at the LE-TE interface over time. The former can be observed 

already at the initial arrival of the ITP peak to the measuring area (t = 0 min), with the presence of two 

separate fluorescent plugs. The latter is characterized by increased fluorescent intensity and 

appearance of additional ITP plug at t = 7 min. The multiple ITP plugs observed are ascribed to the 

fluorescent protein target and residues of free fluorescent dye, which can focus under ITP by itself or 

react with other species in the protein lysate mixture. The separation feature of ITP has the potential to 

further improve the specificity of the biosensor, separating the target from other interfering species and 

creating a neat target plug.  
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Abstract 

Microfluidic integration of biosensors enables improved biosensing performance and sophisticated lab-

on-a-chip platform design for numerous applications. While soft lithography and polydimethylsiloxane-

based microfluidics are still considered the gold standard, 3D-printing has emerged as a promising 

fabrication alternative for microfluidic systems. Herein, a 3D-printed polyacrylate-based microfluidic 

platform is integrated for the first time with a label-free porous silicon (PSi)-based optical aptasensor 

via a facile bonding method. The latter utilizes a UV-curable adhesive as an intermediate layer, while 

preserving the delicate nanostructure of the porous regions within the microchannels. As a proof-of-

concept, a generic model aptasensor for label-free detection of his-tagged proteins is constructed, 

characterized, and compared to non-microfluidic and polydimethylsiloxane (PDMS)-based 

microfluidic setups. Detection of the target protein is carried out by real-time monitoring reflectivity 

changes of the PSi, induced by the target binding to the immobilized aptamers within the porous 

nanostructure. The microfluidic-integrated aptasensor is successfully used for detection of a model 

target protein, in the range of 0.25 µM to 18 µM, with a good selectivity and an improved limit of 

detection, when compared to a non-microfluidic biosensing platform (0.04 µM vs. 2.7 µM respectively). 

Furthermore, a superior performance of the 3D-printed microfluidic aptasensor is observed, compared 

to a conventional PDMS-based microfluidic platform with similar dimensions. 

 

Introduction 

Microfluidic systems and their integration with biosensors are extensively studied for construction of 

lab-on-a-chip platforms 417, 418. The miniaturization of such systems reduces sample and reagent volume, 

shortens the analysis time, and enables high-throughput detection, portability, and reduced costs 417, 418. 

Importantly, microfluidics improves the mass transfer to the biosensor surface, resulting in a higher 

sensitivity compared to traditional biosensing setups 36-38. Nowadays, polydimethylsiloxane (PDMS) is 

the most used polymer for microfluidics fabrication. It is commonly constructed by casting on a master 

template featuring the microfluidic design, which is fabricated by soft lithography techniques. Thus, it 

requires sophisticated instrumentation and high costs, while the translation to commercial scale is 

challenging 40, 419. Importantly, a change in the microfluidic design cannot be performed without 

repeating the whole fabrication process, which poses a significant barrier for rapid prototyping 40, 419. 

The technological advancement of 3D-printing, which facilitates rapid and fully digital prototyping of 

complex 3D microstructures in a one-step process, has positioned it as a promising alternative to 

traditional manufacturing methods 420. 3D printing also lowers the costs and the manufacturing time 

compared to soft lithography and enables the fabrication of multiple devices at the same time 40, 420. This 

facilitates a flexible investigation of microfluidic device designs for any desired application 40, 421. 

For integrating 3D-printed microfluidics with biosensors, one must consider the resolution of the printer 

(often on the range of tens of microns), the resulting surface roughness of the printed device, its 
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deformation and resistance to harsh conditions 420. Thus, bonding to a biosensor surface can be achieved 

by indirect methods, via an intermediate layer, which can be performed at comparatively mild 

conditions at a lower surface quality 422, 423. As an intermediate layer, UV-curable adhesives are most 

commonly used, since they require only a short UV irradiation for curing and can be operated at ambient 

conditions 423. The adhesive can be applied to the substrates by means of capillary forces 424, 425, scaffold 

micro-pillars 426, or by stamping technique 427-430. In the stamping technique, a thin layer of the adhesive 

is first spun on a flat wafer. Then, the microfluidic part is stamped on the adhesive-coated wafer, 

resulting in adhesive transfer to the microfluidic part, which can be then bonded to a second sealing part 

427, 428. This method allows for the creation of a thin (<3 µm) adhesive intermediate layer that does not 

interfere with the microchannel area and was successfully applied for relatively smooth and even 

surfaces (such as glass, silicon, and SU-8) 422, 427, 430. Yet, for biosensing applications, this method was 

only demonstrated with microfluidic glass chips used for surface Plasmon resonance428.  

To date, there are only a handful of reports that combine 3D-printed microfluidics with aptasensors 431-

433 and herein, we present for the first time the integration of a 3D-printed microfluidic device with a 

generic label-free optical porous silicon (PSi) aptasensor. The nanostructured PSi scaffold is used as 

the optical transducer, and binding of the target analyte to surface-immobilized aptamers, used as 

capture probes, is detected in real time by monitoring reflectivity changes 18, 19, 22, 31, 32, 332. To date, PSi-

based optical biosensors have been only integrated with PDMS-based microfluidics, fabricated by soft 

lithography 23, 30, 42-44, 46, 434. In the present work, we develop a straightforward and low-temperature 

bonding method for the integration of the PSi-based aptasensor with 3D-printed polyacrylate-based 

microfluidics, utilizing a UV-curable adhesive as an intermediate layer. The method is derived from the 

stamping technique and creates a thin adhesive layer. It should be emphasized that in contrast to 

previous works, in the present work we are integrating a relatively rough surface of a 3D-printed 

polyacrylate microchannels with a delicate highly-porous nanostructure. As a proof-of-concept to 

demonstrate the biosensing capabilities of the platform, we use a model aptasensor: oxidized PSi Fabry-

Pérot thin films are functionalized with an anti-his tag aptamer, and a 60 kDa his-tagged protein is used 

as a target. The aptasensor sensitivity is evaluated and the selectivity is characterized by exposure to 

several non-target proteins as well as to bacteria lysate samples. Importantly, we compare the aptasensor 

performance in the 3D-printed device to that of PDMS microchannels with similar dimensions, as well 

as to non-microfluidic setups. 

 

Experimental  

Materials 

Heavily doped p-type Si wafers (<100>-oriented, ~0.95 mΩ∙cm resistivity) were purchased from 

Sil'tronix Silicon Technologies (Archamps, France). Ethanol absolute was supplied by Bio-Lab ltd 

(Jerusalem, Israel). Aqueous HF (48%), (3-Aminopropyl)triethoxysilane (APTES), succinic acid, 
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dimethylsulfoxide (DMSO), N-(3-Dimethylaminopropyl)-N′-ethylcarbodiimide hydrochloride (EDC), 

Tris base, and all buffer salts were purchased from Merck (Darmstadt, Germany). All solutions were 

prepared with Milli-Q water (ddH2O, 18.2 MΩ∙cm). Polydimethylsiloxane (PDMS) was prepared from 

Sylgard® 184 Silicon Elastomer kit, purchased from Dow Corning (Midland, USA). Anti-His Tag 

aptamer 6H7 (5'-GCT ATG GGT GGT CTG GTT GGG ATT GGC CCC GGG AGC TGG C-3') 303 

was purchased with a 5'-amino modification from Integrated DNA Technologies (Coralville, USA). 

Recombinant his tagged protein, domain 2 of extracellular endo-alpha-(1->5)-L-arabinanase 1 (from 

Geobacillus stearothermophilus T-6) (D2), and a non-target version without his tag (named D2N), were 

both produced and purified using E. coli BL21 cells. Trypsin from porcine pancreas was obtained from 

Merck, and E. coli K12 was generously supplied by Prof. Sima Yaron, Technion. Luria-Bertani (LB) 

medium was prepared by dissolving 5 g of NaCl, 5 g of yeast extract, and 10 g of tryptone in 1 L of 

ddH2O. Selection buffer (SB) was composed of 50 mM K2HPO4, and 150 mM NaCl (pH 7.4) and elution 

buffer was composed of 50 mM K2HPO4, 150 mM NaCl, and 1 M Imidazole (pH 7.4).  

Fabrication of Oxidized PSi Nanostructures 

PSi Fabry-Pérot thin films were fabricated from a highly doped p-type crystalline Si wafers, using a 

two-step anodic electrochemical etching process, as previously described 435. The electrochemical 

etching was performed at a constant current density of 375 mA cm-2 for 30 s in a 3:1 (v/v) solution of 

aqueous HF (48%) and ethanol, respectively, followed by thermal oxidation at 800 °C for 1 h in ambient 

air. For further details, please see Supplementary Information and Table S5.4.1.  

Design and Fabrication of 3D-Printed Microfluidic Devices 

The microfluidic device was designed in SolidWorks software (Dassault Systèmes) and contained two 

separate microchannels, with dimensions of 200 µm in height and 500 µm in width, spaced 2.5 mm 

apart. The microchannel length to be in contact with the PSi was 7 mm, while the rest passed within the 

device. Above the contact area a measurement window was created, reducing the thickness of the device 

by 2.8 mm, see Figure 5.4.1. The designed devices were printed using 3D Systems Projet MJP 2500 

Plus multijet printer. Polyacrylate-based photopolymer material (VisiJet M2R-CL, 3D Systems, Rock 

Hill, USA) and hydroxylated wax (VisiJet M2 Sup, 3D Systems, Rock Hill, USA) were used as the 

printing and support materials, respectively. The microchannels were located at the bottom layer of the 

printing plane and in parallel to the printing direction. The printer resolution was 32 µm and a deviation 

of 10% in size was reported for features with sizes of 100 µm to 200 µm 436. After printing, the devices 

were subjected to several post processing steps, as previously described (see Supplementary 

Information for more details) 40, 309.  

 

 



Results 

152 
 

Integration of PSi Films with 3D-Printed Polyacrylate Microfluidic Devices 

Prior to bonding the 3D-printed device to the PSi film, the devices were first gently polished with a 

standard grid paper (1000 grit), washed with water and soap, and flattened at 60 °C by applying a 

pressure of ~38 kPa for 1 h. During this step, the measurement window was filled with a fitting square 

that ensures the alignment of the microchannel bonding area to the PSi. Next, UV curable adhesive 

(Norland Optical Adhesive 72, Norland Products Inc, Cranbury, USA) (50 µL) was spread on a transfer 

wafer with a K hand coater no. 2 (Printcoat Instruments, Litlington, UK) and the printed device was 

placed on top of the adhesive layer two times for the glue transfer. Finally, the device was carefully 

placed on top of carboxylated PSi films, followed by UV curing at 365 nm (1.5 mW cm-2) for 30 min 

(VL-6.LC UV lamp 365/254 nm 6 W, Vilber Lourmat, Collégien, France). 

Integration of PSi Films with PDMS Microchannels 

PDMS microchannels were fabricated based on a 3D-printed polyacrylate template, with 200 µm high 

and 500 µm wide microchannels. PDMS was prepared by mixing the polymer and the cross-linker at a 

10:1 ratio, respectively, followed by curing at 100 °C for 3 h. Then, the inner surface of the PDMS 

microchannels was treated with corona for 40 s, using a laboratory corona treater (BD-20V Electro-

Technic Products, Chicago, USA). The activated PDMS was then placed on top of carboxylated PSi 

films, followed by baking at 90 °C for 4 h 30, 42. 

Characterization of Integrated Devices 

The 3D-printed microfluidic devices, integrated with the PSi, were characterized by several methods. 

Standard food color solutions (E124 and E133) were introduced into the microchannels to visualize 

possible leakage. It should be noted that these dyes could be successfully removed by flushing the 

microchannels with water and no microchannel staining was apparent. The integrated devices were 

imaged with an upright optical microscope Olympus BX51 (Olympus). Cross-sections of the integrated 

devices were characterized by Carl Zeiss Ultra Plus high-resolution scanning electron microscope 

(HRSEM), at an accelerating voltage of 1 keV. The cross sectioned samples were prepared by 

embedding the devices in epoxy (EpoFix resin, Struers, Cleveland, USA), which was refilled several 

times under vacuum (1 torr) to remove any air, followed by curing at room temperature for 48 h. The 

cured epoxy block was sectioned using a IsoMetTM low speed saw (Buehler, Illinois, USA) and polished 

in EcoMetTM 3 variable speed grinder-polisher (Buehler, Illinois, USA) with sandpaper with increasing 

grit, as well as an Alumina Suspension (50 nm Neutral, Akasel, Denmark). Finally, the cross-sectioned 

samples were sputtered with carbon. 

Functionalization of Oxidized PSi Films 

Amino-terminated anti his tag aptamers, 6H7, were grafted onto the oxidized PSi films using 

carbodiimide coupling chemistry 26. Briefly, the oxidized PSi films were incubated for 1 h in APTES 
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solution (in toluene, 42 mM), followed by a thorough rinsing with toluene, ethanol, and acetone. Next, 

an annealing step was performed at 100 °C for 15 min. The PSi film was cooled down to room 

temperature and subsequently incubated in a solution of succinic acid (0.17 M) and NaHCO3 (6 mM) 

in DMSO for 30 min, followed by washing with DMSO and ddH2O and drying it under a stream of 

nitrogen. After this step, the carboxylated PSi was integrated in the microfluidic device, and the 

remaining functionalization steps were carried out inside the microchannels. 

The microchannels were first washed with EtOH (50 %v/v) in ddH2O for 5 min to remove any air 

bubbles inside the channels, followed by subsequent washing with SB buffer at 100 µL min-1 for 10 

min. Next, EDC in SB buffer (10 mg mL-1) was introduced at 30 µL min-1 for 30 min, followed by 

introduction of aptamer (75 µM, 250 µL) at 30 µL min-1. The aptamer was then allowed to react with 

the surface for 1 h without flow. Subsequently, the microchannel was washed with Tris (50 mM, pH 

7.4) at 30 µL min-1 for 15 min to deactivate any remaining reactive EDC groups on the surface.  

Protein Production and Purification 

The target his tagged protein, abnA-D2 (from Geobacillus stearothermophilus T-6) (D2), and the non-

target version without his tag (named D2N), were both produced and purified using the following 

method. E. coli BL21 cells, transformed with an abnA-D2 gene, were grown overnight at 37 °C on LB 

plates with appropriate antibiotic. The cells were transferred to a TB (Terrific Broth) medium for 

overnight growth in a shaker (230 rpm) at 37 °C. The cells were then cooled on ice for 15 min, harvested 

by centrifugation, and re-suspended in binding buffer (20 mM imidazole, 0.5 M NaCl, and 20 mM 

phosphate buffer, pH 7.4). Subsequently, the cells were disrupted by two passages through an Avestin 

Emulsiflex C3 Homogenizer, 1500 psi (Avestin, Ottawa, Canada) at room temperature, and centrifuged 

at 7000 rpm for 30 min. The supernatant was then heated at ~50 °C for 30 min and centrifuged again. 

The his-tagged protein was purified by fast protein liquid chromatography (FPLC) using the ÄKTA 

Avant-25 chromatography system (GE Healthcare Life Sciences) equipped with HisTrap column (1- or 

5-ml column volume, GE Healthcare Life Sciences). The protein was eluted with a 10 CV gradient of 

elution buffer that contained 0.5 M imidazole, 0.5 M NaCl, and 20 mM phosphate buffer, pH 7.4. The 

protein D2N, without the his-tag, was purified via gel filtration using a Superdex 200 26/60 column, 

ÄKTA Avant (GE Healthcare Life Sciences), running at 2.5 ml/min with 50 mM Tris-HCl buffer pH 

7.0, 100 mM NaCl and 0.02% sodium azide. Injected samples volumes were ~14 ml (~5% column 

volume). 

Preparation of E. coli Lysates 

E. coli K12 was cultivated in LB medium overnight under continuous shaking at 37 °C. The culture 

was spun down in a standard lab centrifuge (2-16P, Sigma Laboratory Centrifuges, Sigma-Aldrich) at 

4500 rpm for 10 min, and the supernatant was replaced with SB buffer. This step was repeated twice. 

Subsequently, the culture was ultrasonicated on ice in a Vibra cell VCX 750 instrument 
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(Sonics & Materials Inc., Newtown, Connecticut, USA) for 2 min, with 30 s pulses and 30 s pauses in 

between. The temperature and the amplitude were set to 4 °C and 40%, respectively. Cell debris were 

removed by ultracentrifugation at 4 °C for 30 min at 12000 g (1-15K, Sigma Laboratory Centrifuges, 

Sigma-Aldrich), and the supernatant was analyzed for protein content in NanoDrop instrument 

(NanoDrop 2000 spectrophotometer, Thermo Scientific), assuming 1 ABS=1 mg mL-1. For the 

experiments, the lysate was diluted for protein content of 1 mg mL-1. 

Biosensing Experiments 

For biosensing experiments, the microfluidic integrated PSi was fixed on a motorized linear translation 

stage (Thorlabs, Inc., New Jersey, USA) and four different spots, all spaced out at 1.5 mm apart, were 

monitored on each microchannel in every experiment. A syringe pump (Fusion 200, Chemyx, Texas, 

USA) was used to control the flow rate. The 3D-printed microfluidic device was connected to tubes 

through a Dolomite 4-way microfluidic connector and a 4 mm top interface (The Dolomite Center Ltd., 

Royston, UK). Female-to-male Luer Assy and flangeless fittings (IDEX Health and Science LLC, 

Middleboro, USA) were used to connect the tubes to a syringe. For the cell setup, the PSi aptasensor 

was fixed in a custom-made plexiglass cell, using an O-ring.  

RIFTS method was used to monitor in real time the reflectivity changes of the PSi-based aptasensor 18, 

26; the latter presenting a Fabry-Pérot interference fringe pattern attained from light reflecting from the 

top and bottom interfaces of the PSi. The fringe maxima are described by the Fabry-Pérot relationship: 

mλ=2nL 

where m is the spectral order, λ is the wavelength of the incident light, n is the average refractive index 

(RI) of the porous layer and L is the thickness of the porous layer. The term 2nL is referred to as the 

effective optical thickness (EOT) and is only a function of the average RI of the porous layer, as the 

thickness is constant. A schematic illustration of the method is presented in Figure S5.4.1. 

Interferometric reflectance spectra were collected with a charge-coupled device (CCD) spectrometer 

(Ocean Optics, USB 4000) fitted with an objective lens and coupled to a bifurcated fiber-optic cable. A 

tungsten light source was focused on the microchannel or sample with a spot size of approximately 1 

mm2, perpendicular to the surface. The experimental setup is presented in Figure S5.4.2 (Supplementary 

Information). The spectral acquisition and the stage movement were controlled with a LabView 

software (National Instruments). The spectra were acquired at an integration time of 30 ms and with a 

scan average of 160, every ~1.1 min. Fast Fourier transformation (FFT) was performed at a wavelength 

range of 450-900 nm, as previously described by Massad-Ivanir et al 437. This results in a single peak, 

wherein position along the x-axis equals the EOT of the porous layer and is linearly correlated to the 

RI changes of the PSi. For the flow experiments, the microchannel was washed with elution buffer for 

30 min, followed by a 1 h wash with SB buffer, to allow the aptamer to properly fold to its active 3D 

structure. Next, the protein samples (0.25 µM to 18 µM, in SB buffer) or lysate (with a protein content 

of 1 mg mL-1) were introduced for 1 h, after which the surface was washed with SB for 30 min. To 
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regenerate the surface for additional experiment, elution buffer was introduced for 30 min, followed by 

SB wash for 30 min. Each microchannel was used for two biosensing cycles. Flow rate was kept at 30 

µL min-1 for all steps. For the static experiment in the cell setup, the buffers (~5 mL) were introduced 

to the cell with a syringe and allowed to incubate for the same amount of time. Protein sample (100 µL 

of 1 µM in SB) was injected to the cell with a pipette and allowed to incubate for 1 h. The buffer 

washing steps were performed with 10 mL of the buffers. 

The data is presented as relative ΔEOT, defined as 

∆𝐸𝑂𝑇𝑡

𝐸𝑂𝑇0
=

𝐸𝑂𝑇𝑡 − 𝐸𝑂𝑇0

𝐸𝑂𝑇0
 

where 𝐸𝑂𝑇0 is the average EOT signal at the baseline acquisition with SB buffer prior to protein 

introduction, and 𝐸𝑂𝑇𝑡 is the average EOT signal at the last 5 min of protein incubation/flow phase. 

Calibration curve was fitted with a sigmoidal curve, according to the equation: 

𝑅 = 𝑅𝑚𝑎𝑥

[𝐶]

[𝐶] + 𝐾𝐷
 

where R is the relative EOT signal, [C] is the target concentration, Rmax is the maximal response signal 

attained for [C]→∞, and KD is the apparent dissociation constant. Rmax and KD are equal to (7.7±0.3) 

x10-3 (as ΔEOT/EOT0) and 0.9±0.1 µM, respectively.  

The signal-to-noise ratio (SNR) values are calculated as the ratio of the relative EOT signal to the 

standard deviation (σ) of the baseline in SB prior to protein introduction. The latter equals to 0.08 x10-

3, 0.07 x10-3 and 0.09 x10-3 (as ΔEOT/EOT0) for the cell setup, PDMS and 3D-printed microfluidic 

setups for 1 µM protein experiments, respectively. Limit of detection (LoD), the lowest target 

concentration which can be reliably distinguished from the background noise, is calculated by 

extrapolation from the fitted curve of the concentration when the optical signal is equal to 3∙σ. For 3D-

printed microfluidic setup, the average σ for all experiments is equal to 0.11x10-3 (as ΔEOT/EOT0). 

Limit of quantification (LoQ) is calculated as the concentration which yields an optical signal equal to 

10∙σ. Relative standard deviation (%RSD) is calculated for each experimental set as the standard 

deviation divided by the averaged relative EOT change. 

Statistical analysis 

In the microfluidic setups, repeats were performed on at least two independent microchannels, in which 

four different spots were measured. For the cell setup, repeats were performed on at least three different 

aptasensors. All data is presented as the mean of n≥3 with standard deviation of the mean. For statistical 

evaluation, unpaired t-test was performed with two-tailed distribution and unequal variance. p values 

below 0.05 were considered for significant difference between two groups. 
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Results and Discussion 

Microfluidic Design and Integration with PSi Films  

The 3D-printed polyacrylate microfluidic device design is presented in Figure 5.4.1a. Each device 

contains two separate microchannels, spaced out at 2.5 mm apart, with a width of 500 µm and height 

of 200 µm. Out of the total microchannel length (55.6 mm), only 7 mm are in contact with the PSi to 

minimize the required bonding area with the highly porous surface, while allowing for multi-spot 

optical measurements along the channel. A measurement window is created above the contact area to 

reduce the thickness of the polyacrylate material in the optical measurement area. 

The preferable direct bonding of the microfluidic device to the PSi is not feasible owing the combination 

of the rough surface of the 3D-printed polyacrylate and the delicate porous nanostructure. The latter is 

characterized by a high porosity of ~75% and cylindrical pores with a diameter of ~50 nm, as depicted 

in the high-resolution scanning electron microscopy (HRSEM) micrographs in Figure 5.4.1b (and 

summarized in Table S5.4.1, Supplementary Information) Thus, we use an intermediate-layer bonding 

approach, derived from the stamping technique 427, utilizing a UV-curable adhesive as the intermediate. 

The latter is used as these adhesives only require a short UV irradiation for curing and as such avoid 

harsh conditions, which may damage the fragile silicon scaffold. Prior to the bonding process, the 3D-

Figure 5.4.1 The microfluidic design, the PSi nanostructure, and the bonding method. (a) The 3D-

printed microfluidic device design presented in (i) top-side; (ii) bottom-side and (iii) top-side views. 

Dimensions are in mm units. (b) Top view and cross-section HRSEM micrographs of an oxidized 

PSi nanostructure (the inset presents a cross-section view; scale bars are 400 nm). (c) The bonding 

method of the 3D-printed microfluidic device and the PSi: (i) a UV-curable adhesive is spread on a 

transfer wafer with a Mayer rod; (ii) the 3D-printed device is placed on top; (iii) the glue transfers 

to the device; (iv) the microfluidic device is carefully placed on top of the PSi chip; (v) the combined 

device is UV cured for 30 min; and (vi) the resulting integrated device. 
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printed device, which often suffers from bending and a roughened surface due to the printing resolution 

40, 309, is subjected to several alignment steps for its flattening. These include gentle gridding and 

flattening by applying a pressure of ~38 kPa at 60°C for 1 h.  

Figure 5.4.1c presents the multi-step integration process; first, the UV-curable adhesive is spread on a 

transfer wafer with a Mayer rod (Figure 5.4.1c-i), which creates a thin and uniform adhesive layer with 

a thickness of 12 µm. In the next step, the microfluidic device is placed on top of the coated transfer 

wafer (Figure 5.4.1c-ii) and the glue is observed to spread throughout the device (Figure 5.4.1c-iii). 

This step is repeated twice, and then the microfluidic device is carefully placed on top of the PSi chip 

(Figure 5.4.1c-iv), followed by UV curing for 30 min (Figure 5.4.1c-v). It should be noted that the UV 

curing duration was not optimized and can be potentially shortened. No leakage or microchannel 

clogging are observed upon introduction of a dyed solution into the microchannels (Figure 5.4.2a), 

confirming successful bonding of the substrates. The effect of the bonding method on the microchannels 

and the porous regions is characterized by HRSEM imaging of the device cross-section, illustrated in 

Figure 5.4.2b. Outside of the microchannel, a continuous 5±2 µm thick adhesive layer is observed 

between the porous layer and the top polyacrylate device, see Figure 5.4.2c-i. The microchannel is 

completely free from adhesive, even in the interface regions of the channel’s edges (Figure 5.4.2c-ii 

and iii, respectively). Notably, the integrity of the bonding between the layers is maintained through the 

harsh cross-sectioning procedure for the HRSEM, as well as >1-year post bonding (see Figure S5.4.3, 

Supplementary Information). These demonstrate the bonding strength and suggest that the bonding 

method does not limit the long-term stability of the integrated devices. Thus, the latter is dictated by the 

aptasensor characteristics, i.e., capture probe and its immobilization chemistry. The relatively thick 

adhesive layer 422, 427, 428 is required to ensure a good contact between the porous substrate and the 3D-

printed device. The layer printing technique and the 32-µm resolution of the printer result in a rough 

polyacrylate surface, as can be seen in Figure 5.4.2d. Yet, this adhesive layer thickness is negligible 

compared to the current channel height and is compatible with the lowest microchannel dimensions 

allowed by the printer (64 µm, data not shown). The presented bonding method is straightforward 

compared to other reported techniques 422, and can be readily performed and adapted to other device 

configurations.  
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Figure 5.4.2 Characterization of the 3D-printed microfluidic-integrated PSi device: (a) Leakage study 

by dye flow in the microchannels; (b) illustration of the integrated device cross-section, showing its 

different layers; (c) HRSEM images of a cross-sectioned device, presenting an area (i) outside the 

microchannel; (ii) inside the microchannel and (iii) the microchannel edge, which is marked in white 

dashed line. No adhesive is found inside the microchannel, whereas a continuous 5±2 µm thick adhesive 

layer can be observed outside of the microchannel, between the PSi and the polyacrylate device. Note: 

for clarity, the adhesive layer is false-colored in yellow. (d) (i) Cross-section and (ii) top-view optical 

micrographs of the integrated device, demonstrating the roughness of the polyacrylate material at the 

microchannel edges. 

Biosensing Experiments and Performance 

In order to study the biosensing performance of the integrated platform, we use a model aptasensor, 

which we thoroughly characterized in our previous work, to allow a proper comparison of the 

biosensing results 26, 435. An anti-his tag aptamer, 6H7 26, 435 is immobilized onto the PSi film by the 

standard amino-silanization and carbodiimide coupling chemistry, as we previously described 26, 435. 

The amino-silanization and carboxylation steps are performed prior to microfluidic device bonding, 

whereas the subsequent immobilization stages should be executed inside the microchannel. The UV 

curing during the bonding process is found to affect the functionality of the aptamers as capture probes 

(see Figure S5.4.4, Supplementary Information), possibly due to modification of DNA bases 438. 

For the biosensing experiments, a 60 kDa his-tagged protein from the Arabinanase family (termed as 

D2) is used as the target. The protein solution is introduced into the microchannels using a custom-

designed 3D-printed tube connector and the reflectivity from the PSi is collected throughout the 

experiment from four different spots along the channel, as presented in Figure 5.4.3a (see Figure S5.4.2, 
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Supplementary Information, for a complete description of the experimental setup). Figure 5.4.3b 

displays the results of two consecutive biosensing cycles with increasing protein concentrations, 

performed on the same aptasensor, where changes in the relative EOT values are plotted vs. time. 

Initially, the aptamer’s selection buffer (SB) is introduced into the microchannel to allow proper folding 

of the aptamers and to acquire the initial EOT baseline. Upon the introduction of the D2 protein 

(0.25 µM), the relative EOT signal increases to a value of (1.6±0.2)x10-3 (as ΔEOT/EOT0)  (equivalent 

to a net EOT change of 27±2 nm), corresponding to the protein infiltration into the porous layer and 

binding to the immobilized aptamers. The signals collected from the different spots along the 

microchannel present a similar behavior, with a deviation of < 9%. This suggests that a uniform bonding 

of the 3D-printed microfluidic device to the PSi is achieved, whereas the observed deviation is attributed 

to the variation of the PSi nanostructure along the microchannel, resulting from the anodization reaction, 

as well as the manual adjustment of the reflectivity measurement position from each spot. Nevertheless, 

no correlation is found between the sequential location of the spot along the microchannel and the 

optical signal value.  

To release the bound protein, the aptasensor surface is washed with an elution buffer containing 

imidazole; the latter serves as a competitive agent, replacing the his-tagged proteins bound to the 

tethered aptamers 368. Indeed, the EOT signal is observed to rapidly decrease, indicating the release of 

the bound proteins. Yet, it should be noticed that the signal decreases below the initial baseline possibly 

due to conformational changes of the immobilized aptamers. Aptamers 3D folding greatly depends upon 

their environment and as such saturating the biosensor with imidazole molecules, replacing the large 

proteins, may lead to prominent changes in the aptamer 3D structure, as we previously encountered 30. 

The aptasensor is then successfully reused for an additional biosensing cycle of the D2 protein at a 

higher concentration (0.5 µM), and a greater relative EOT increase of (2.3±0.4)x10-3 (as ΔEOT/EOT0)  

(corresponding to a net EOT change of 37±7 nm) is observed.  
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Figure 5.4.3 Biosensing experiments using the 3D-printed microfluidic-integrated PSi aptasensor. (a) 

(i) The microfluidic device is connected to tubes with a designated tube connector; (ii) it is fixed on a 

motorized stage, enabling optical monitoring of four different spots along a single microchannel. (iii) 

The anti-his tag PSi-based aptasensor is used to detect the target D2 protein and can be easily 

regenerated for several subsequent uses by exposure to elution buffer, containing imidazole. (b) Relative 

EOT changes vs. time of upon introduction of D2 protein solutions. First, a baseline is acquired in 

selection buffer (SB), followed by introduction of 0.25 µM protein at a flow rate of 30 µL min-1 for 1 h, 

and wash with SB. Subsequently, the biosensor is washed with an elution buffer, resulting in the 

aptasensor regeneration for a subsequent experimental cycle, using a protein concentration of 0.5 µM. 

 

Figure 5.4.4a presents the averaged relative EOT changes for the target D2 protein at a concentration 

range of 0.25 µM to 18 µM. The lowest measured concentration is 0.25 µM with a relative EOT increase 

of (1.8±0.3) x10-3 (as ΔEOT/EOT0) with a signal-to-noise (SNR) value of 19±7. The curve is fitted with 

a sigmoidal curve (R2=0.915) and accordingly the KD, the apparent dissociation constant, is estimated 

as 0.9±0.1 µM and is on the same order of magnitude as previous reports (KD of 4.6 µM 26).  

Table 5.4.1 summarizes the analytical performance of the integrated aptasensor and provides a 

comparison to a non-microfluidic system (in which the same aptasensor is used for detection of a 

different his-tag protein). Notably, a significant improvement of ~70-fold in the limit of detection is 

achieved in the 3D-printed microfluidic system. This is mainly attributed to the microfluidic integration 

and the flow configuration during the biosensing experiment, as discussed in the next section. The 

different target may also influence the performance, with a better accessibility of the histidine sequence 

in the protein structure for the binding aptamer.  
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Table 5.4.1. Analytical results of the 3D-printed microfluidic-integrated aptasensor, compared to a 

similar aptasensor in a non-microfluidic setup (cell). Assay time is similar in both systems to allow 

proper comparison.  

 3D-Printed Microfluidic Setup Non-Microfluidic (cell) Setup 

Detection Range (µM) 0.25-18 5-56 

SNR*  19±7 16±6 

LOD (µM) 0.04 2.7 

LOQ (µM) 0.16 5.5 

 %RSD 12-22 6-27 

*For lowest measured target concentration 

Figure 5.4.4b compares the averaged relative EOT signal for the target D2 protein to non-target proteins. 

While 1 µM of the target protein induce a relative EOT change of (4.0±0.9)x10-3 with SNR value of 

41±17, exposure of the biosensor to a similar protein with no his-tag group (D2N) results in a 

significantly lower signal of only (0.8±0.2)x10-3, with a lower SNR value of 13±6. This demonstrates 

that the optical signal obtained for the target D2 is ascribed mainly to specific binding of the his-tag 

sequence of the protein to the tethered aptamers. Exposure of the aptasensor to a higher concentration 

of trypsin, and importantly E. coli lysates (a complex protein mixture, which simulates best a control 

for his-tagged protein purification applications) with a substantial non-target protein content of 

1 mg mL-1, induce even lower signal changes [(0.4±0.6)x10-3 and (0.1±0.4)x10-3, respectively). These 

results demonstrate that the selectivity of the aptasensor is not compromised by the integration with the 

printed microchannels when compared to our previous study 26.  

 

Figure 5.4.4 Averaged relative EOT changes upon exposure of the 3D-printed microfluidic-integrated 

aptasensor to (a) different concentrations of the target D2 protein; (b) D2 and non-target proteins. 

Protein concentrations are 1 µM for D2 and D2N (D2 without a his tag), 9 µM for trypsin and 1 mg mL-

1 protein content in the E. coli lysates. 
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Comparison to Conventional Experimental Setups 

The aptasensor performance in the 3D-printed microfluidic setup is compared to that observed when 

integrated in conventional experimental setups. The latter include a traditional cell setup 18, 26, 28 and 

PDMS microchannels with similar dimensions, as illustrated in Figure 5.4.5a. The averaged relative 

EOT changes upon exposure to D2 and D2N proteins collected from the aptasensors, integrated in the 

different experimental setups, are presented in Figure 5.4.5b. Results are presented for one protein 

concentration (1 µM), but are characteristic also of other concentrations. The 3D-printed microfluidic 

platform presents the highest signal for detection of the target D2 protein with a SNR ratio of 41±17. 

Yet, its main advantage is in its selectivity, particularly when compared to the PDMS-microfluidic setup, 

the latter presenting a 2.5-fold higher relative EOT signal for the non-target D2N control (p<0.05). This 

suggests higher non-specific adsorption in the PDMS microfluidic setup, which also questions the 

aptamer functionality in this system. It should be noted that in both microfluidic systems, the aptamer 

immobilization step is performed in the microchannel, prior to the biosensing experiment. Table S5.4.2 

(Supplementary Information) compares point by point the construction process and performance of the 

3D-printed and PDMS-based microfluidic aptasensors. For the PDMS microfluidic setup, aptamer 

immobilization in the microchannel significantly increases the EOT signal for both the target and non-

target proteins, compared to aptamer immobilization prior to microchannel integration, see Figure 

S5.4.5 (Supplementary Information). Moreover, the signal in the former case, does not reach 

equilibrium within the time frame of the experiment. This behavior suggests different aptamer density 

within the PSi upon the two immobilization approaches and may be partly ascribed to the aptamer 

adsorption on the PDMS surface 439. This in turn results in a lower aptamer density within the PSi upon 

aptamer immobilization in the PDMS microchannels, which exposes a larger surface area of the non-

modified PSi nanostructure to non-specific adsorption of proteins 26. Thus, although a similar signal is 

obtained for the target in the 3D-printed and PDMS microfluidic systems, in the PDMS channels, it is 

ascribed in part to non-specific protein adsorption on the PSi surface. The integration process of the PSi 

and the PDMS, including corona surface treatment and high temperature curing, may also affect the 

surface chemistry of the PSi. This emphasizes the advantage of the 3D-printed microfluidic platform 

and the developed bonding method, which avoids harsh conditions. It should be noted that the negative 

charge of the polyacrylate-based material used for the 3D printing may induce nonspecific adsorption 

of positively charged biomolecules on its surface. Yet, as aptamers are negatively charged, they are not 

adsorbed to the 3D-printed microchannels and thus the aptasensor fabrication is not affected. 

Our results also demonstrate the significant role of convection in these aptasensors, as target flow 

induces a higher signal in all systems, compared to a cell system without flow (see Figure 5.4.5b and 

Table 5.4.1). The induced convection improves the mass transfer of the target to the aptasensor surface 

36, 38, which can reach up to 25-fold higher target flux compared to a diffusion-based system, based on 

a theoretical calculation (see detailed calculation in the Supplementary Information). This correlates 
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with the ~70-fold enhancement in LOD compared to previous work 435, whereas further enhancement 

is ascribed to the smaller microchannel dimensions and the microchannel uneven edges of the 3D-

printed platform (see Figure 5.4.2c). The latter may contribute to solution mixing in the microchannel 

on top of the aptasensor, thus further improving the mass transfer 37. 

 

Figure 5.4.5 Comparison of the PSi aptasensor performance when integrated in different devices. (a) 

Schematics of the three experimental setups: 3D-printed microfluidics, PDMS microfluidics, and 

conventional cell (non-microfluidic); (b) Averaged relative ΔEOT changes for detection of 1 µM D2 or 

D2N proteins in the three experimental setups. For the cell setup, biosensing experiments are performed 

in static (no flow) or flow configurations. (*) indicates a statistically significant difference (t test, n ≥ 

3, p < 0.05). 

Conclusions 

In this work we present a simple and facile method for the integration of PSi-based aptasensors with 

3D-printed polyacrylate microfluidics. The integration of both materials is based on a stamping 

technique with a UV-curable adhesive at room temperature. Successful bonding of the two substrates 

is demonstrated with a thin adhesive layer (~5 µm) in between; while the delicate porous regions within 

the microchannel remain clean and intact. As a proof-of-concept, we successfully immobilize a well-

characterized anti-his tag aptamer as capture probe within the porous nanostructure, integrated in the 

microfluidic device, and demonstrate selective detection of a model target protein, compared to several 

non-target proteins, as well as complex E. coli lysate samples. The sensitivity of the integrated 

aptasensor, with a calculated LOD of 40 nM, is improved by ~70-fold compared to previous work. 

Thus, the developed bonding method does not impair the performance of the constructed biosensor. 

Furthermore, the resulting biosensor exhibits a superior selectivity and a higher detection signal for the 
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target while integrated in the 3D-printed microfluidics, in comparison to the gold standard PDMS-based 

microfluidic setup with equal microchannel dimensions. For the latter, non-specific binding of the 

aptamer capture probe to the PDMS impairs the biosensors selectivity. Yet, the resolution of 3D 

printers, which dictates the microchannel dimensions, is currently on the range of tens of microns and 

much larger than applicable for PDMS-based microfluidics fabricated by soft lithography techniques. 

Moreover, the bonding method may also require adjustment to lower dimension microchannels or 

complex microstructures, due to the rough surface of the 3D-printed material, obtained due to the printer 

resolution. Nevertheless, 3D printing technology is rapidly advancing, the resolution keeps improving 

and there are already printers with a resolution in the lower micrometer range. 

The superior performance of the 3D-printed microfluidic-integrated aptasensor in combination with its 

straightforward design and construction pave the way towards a more flexible approach to designing 

and investigating sophisticated microfluidic platforms integrated with PSi-based biosensors. For 

example, the presented microfluidic design could be adapted for multiplexed analyte detection, and 

integrated with different 3D-printed functional elements, such as pumps, valves and mixing 

components, which facilitate device automation, portability, and high-throughput 440. These can be 

readily coupled with PSi aptasensors using the presented bonding method, where these aptasensors can 

be designed for detection of various target molecules simply by changing the aptamer capture probe, 

promoting the platform applicability in medical diagnostics 31, 441, food quality and safety 442, as well as 

environmental monitoring. 

Supporting Information 

Additional Information Regarding Experimental Procedure 

Fabrication of Oxidized PSi Nanostructures  

PSi Fabry-Pérot thin films were fabricated from a highly doped p-type crystalline Si wafers, using a 

two-step anodic electrochemical etching process, as previously described 16. First, a sacrificial layer 

was etched at a constant current density of 375 mA cm-2 for 30 s in a 3:1 (v/v) solution of aqueous HF 

(48%) and ethanol, respectively. The resulting porous layer was removed by exposure to 0.1 M NaOH 

for 2 min, followed by a 1 min exposure to a solution of 1:3:1 (v/v) HF, ethanol and ddH2O, respectively. 

Next, a second etching was conducted, at the same etching conditions as above. After each step, the 

silicon surface was thoroughly rinsed with ethanol and dried under nitrogen stream. The freshly etched 

PSi was thermally oxidized in a tube furnace (Thermo Scientific, Lindberg/Blue M™ 1200 °C Split-

Hinge) at 800 °C for 1 h in ambient air, resulting in an oxidized PSi scaffold 159.  

Post Processing of 3D-Printed Microfluidic Devices 

Following printing, after the devices were cooled down, they were placed in a heat steam bath 

(EasyClean unit, 3D Systems, Rock Hill, USA) at 65 °C for 30 min and were subsequently immersed 
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in hot biological oil bath (EasyClean unit, 3D Systems, Rock Hill, USA) at 65 °C for 30 min, to remove 

the support material. Next, hot oil was introduced into the channels using a syringe to remove any 

residues of support material. Finally, the devices were sonicated at 60 °C for 30 min in deionized water 

with detergent (Fairy Ultra Plus, Procter and Gamble, CT, USA) in an ultrasonic bath (Bandelin 

electronic, Berlin, Germany), followed by wash with 70% EtOH. 

 

Experimental Setup 

 

Figure S5.4.1. A schematic of the optical signal acquisition and analysis. (a) The PSi film is illuminated 

with white light from a broadband light source and the reflectivity is monitored with a spectrometer, 

presenting in a Fabry-Pérot fringe pattern due to interference from the two reflective interfaces of the 

PSi film. Application of Fast Fourier transformation (FFT) to the reflectivity spectrum results in a 

single peak, which position along the x axis equals to the effective optical signal (EOT) of the porous 

layer and linearly correlates to its average refractive index (n). (b) Upon target binding, an increase in 

the average refractive index of the PSi is obtained, observed as a shift of the FFT peak along the x-axis 

towards higher EOT values.  
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Figure S5.4.2. Image of the 3D-printed microfluidic experimental setup. 

 

Porous Silicon Nanostructure Characterization 

Porous layer thickness and porosity are evaluated by spectroscopic liquid infiltration method (SLIM). 

Briefly, the interferometric reflectance spectrum of the porous film is measured in air and while 

immersed in ethanol and acetone, having refractive indices of 1.359 and 1.357, respectively. The 

refractive index of the silicon oxide portion is assumed to be 1.455. The optical parameters from the 

reflectance spectra are then fitted to a Bruggeman effective medium approximation, yielding the 

thickness and the porosity of the porous layer. 

 

Table S5.4.1. Oxidized PSi nanostructure fabrication and characterization with SLIM (n=5)  

Wafer 

Resistivity 

(mΩ cm) 

Current 

Density 

(mA cm-2) 

Etching Time 

(s) 

Porosity 

(%) 

Porous Layer 

Thickness 

(µm) 

0.90-1.00 375 30 73±3 5.5±0.2 
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Integrity of Bonded Devices 

 

Figure S5.4.3. The integrated 3D-printed microfluidic aptasensor with a dyed solution flowed within 

the microchannels >1-year post bonding, demonstrating the integrity of the device. 

 

Aptamer Immobilization 

Aptamer immobilization can be conducted in two paths: either prior to microfluidic integration, or 

inside the microchannel following the integration. Figure S5.4.4 presents a comparison of the optical 

signal of the two chemical immobilization paths, for the target D2 protein and the non-target D2N 

control (D2 without his-tag). When the aptamer immobilization is carried out inside the microchannel, 

a good signal is observed for the target protein compared with the non-target control. By contrast, when 

performing the immobilization prior to microfluidic integration, a similar biosensing signal is observed 

for both proteins. We ascribe this to a non-specific binding to the modified PSi surface, due to a poor 

aptamer functionality upon exposure to UV light during the microfluidic integration process.  

 

Figure S5.4.4. Averaged relative EOT changes for the detection of 1 µM D2 (target) and D2N (non-

target) proteins in the 3D-printed microfluidic integrated aptasensor, where the aptamer molecules are 

immobilized prior (chemistry out) or after (chemistry in) the microfluidic integration.  
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Figure S5.4.5. Real time relative EOT changes upon introduction of D2 (target) or D2N (non-target) 

protein solutions (1 µM) to the PDMS microfluidic setup, in which the aptamer is immobilized prior to 

microfluidic integration (out) or within the microchannel (in).  

 

Derivation of Analyte Flux to the PSi Biosensor Surface in Static and Flow Experiments 

The analyte flux to the PSi biosensor surface is calculated based on the thorough derivation of Squires 

et al. 36 and Lynn et al. 38. In our calculation, we consider only the diffusion and convection in the bulk 

solution towards the surface. The microchannel system is characterized with a microchannel height (H) 

of 200∙10-6 m and a microchannel width (W) of 500 ∙10-6 m. The length from the inlet to the PSi 

biosensor (L) is 0.017 m. The target diffuses in the bulk solution with a diffusion coefficient (D) of 

7∙10-11 m2 s-1 398. The flow rate (Q) used for the experiments is 5∙10-10 m3 s-1. At steady state, an analyte 

concentration boundary layer with a thickness δ is formed above the biosensor surface. At a distance 

greater than δ, the analyte will have no interaction with the surface and will be swept away, while only 

molecules below δ will interact with the surface. While assuming the fluid flow can be approximated 

as a one-dimensional pressure-driven flow between two flat plates, the following relation for δ is 

obtained, as derived by Lynn et al 38: 

1) 

2
1/3

2
( )

6

DH W
L

L Q
   

and the flux of the analyte towards the biosensor surface is given by: 

2) 

2
1/3

,0 2

6
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D Q
J C

LH W
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Where CA,0 is the introduced analyte concentration. This expression gives an upper limit for the flux at 

the biosensor surface since it neglects the diffusion within the porous layer. For the flow experimental 



Results 

169 
 

system, with introduced analyte concentration of 1∙10-6 M, the boundary layer thickness, δ, is estimated 

as 2∙10-5 m and the analyte Diffusion convectionJ + is estimated as 3.5∙10-9 mol m-2 s-1. 

For a system without convection, where the analyte solution is statically incubated on top of the 

biosensor, the flux can be simplified and described by 36, 38: 

3) ,0 ,( ) / ( )Diffusion A A sJ D C C t −  

where CA,s is the analyte concentration at the sensor surface. δ in that case is not constant; it increases 

with the progress of analyte binding by the biosensor and scale as ~ Dt 36. We will assume that 

CA,s is zero for simplification, thus resulting in an upper limit for the flux, not considering the diffusion 

within the porous layer. Thus, the analyte flux at the biosensor surface in a static experiment will be: 

4) ,0A

Diffusion

DC
J

Dt
  

By comparing equations (2) and (4), the time when the fluxes will be equal in both systems can be 

derived, as: 

5) 
2

2/3
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D Q

LH W

  

which in our system equals to 5.7 s. For longer times, the flux in the static system will substantially 

decrease in comparison to the flow system. For instance, after 60 min of incubation with the analyte, 

which is the binding time used in our system, the bulk diffusion flux in the static system will be 

1.4∙10-10 mol m-2 s-1, more than an order of magnitude lower compared to the flow system.  
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Comparison of 3D-printed and PDMS-based microfluidic integrated aptasensors 

Table S5.4.2. Overview of the construction of 3D-printed and PDMS-based microfluidic-integrated 

aptasensors and their biosensing performance. 

 3D-Printed PDMS 

Template No template 3D-printed 

Resolution 
32 µm (lowest microchannel 

dimensions 64 µm) 

Similar upon 3D-printed 

template. 

Better for photolithographed 

template (lowest microchannel 

dimensions <10 µm) 

Pre-bonding steps 
Post printing processing steps, 

2.5 h 
PDMS curing at 60°C overnight 

Bonding to PSi 
Room temperature 

UV curing for 30 min 

Corona treatment 

Baking at 90°C for 4 h 

Aptamer immobilization Within microchannels Within microchannels 

Average system noise 

(ΔEOT/EOT0 x103) 
0.09 0.07 

Optical signal for 1 µM 

target protein 

(ΔEOT/EOT0 x103) 

4.0±0.9 3.2±0.3 

SNR  41±17 53±12 

%RSD 22 10 

Optical signal for 1 µM 

non-target protein  

(ΔEOT/EOT0 x103) 

0.8±0.2 1.7±0.6 
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Abstract 

Anterior gradient homolog-2 (AGR2) protein is an attractive biomarker for various types of cancer. In 

pancreatic cancer it is secreted to the pancreatic juice by pre-malignant lesions, which would be an ideal 

stage for diagnosis. Thus, designing assays for sensitive detection of AGR2 would be highly valuable 

for potential early diagnosis of pancreatic and other types of cancer. Herein, we present a biosensor for 

label-free AGR2 detection and investigate approaches for enhancing the aptasensor sensitivity by 

acceleration of the target mass transfer rate and reduction of the system noise. The biosensor is based 

on a nanostructured porous silicon thin film, which is decorated with anti-AGR2 aptamers, where real-

time monitoring of the reflectance changes enables detection and quantification of AGR2, as well as 

studying the diffusion and target-aptamer binding kinetics. The aptasensor is highly selective for AGR2 

and can detect the protein in simulated pancreatic juice, where its concentration is outnumbered by 

orders of magnitude by numerous proteins. The biosensor limit of detection is optimized by increasing 

the diffusion flux to and within the nanostructure by applying isotachophoresis for pre-concentration of 

the AGR2 on the aptasensor, mixing, or integration with microchannels. By combining these 

approaches with a new signal processing technique that employs Morlet wavelet filtering and phase 

analysis, we achieve a limit of detection of 15 nM, without compromising the biosensor’s selectivity 

and specificity.   

Introduction 

The aim of biosensors for medical diagnostic applications is to detect biomarker molecules in body 

fluids at clinically relevant levels. In many cases, sub-picomolar detection limits are required to meet 

the clinical criteria 4, as well as a sufficient sensitivity (i.e., the ability to discriminate between small 

changes in analyte concentrations) at low background noise. This should be accompanied by high 

selectivity and a fast response time 5-8. These three benchmarks are the main challenges to develop a 

successful biosensor for the clinic and should be carefully considered. For instance, overcoming the 

sensitivity challenge is related to maximizing the signal from a low number of analyte molecules, by 

more sensitive transducers or amplification schemes; the latter related to the signal or the number of 

target molecules 5, 8, 443. Fast response time can be achieved by accelerating the mass transport of the 

analyte molecule to the biosensor surface, where the diffusion distance should be minimized 5-7. Finally, 

selectivity, which addresses the ability to detect the presence of the biomarker when it is outnumbered 

by several orders of magnitude by non-target species, should be enhanced by minimizing cross 

reactivity. This can be achieved by the proper choice of high-affinity capture probes, their density within 

the biosensor, as well as tailoring surface chemistry to minimize non-specific adsorption, or by 

pretreatment of the complex biological sample to remove interfering components 5.  

Detection of protein biomarkers in body fluids for diagnosis and prognosis of various diseases enables 

the development of minimally invasive and point-of-care assays. For example, screening of protein 



Results 

173 
 

biomarkers for various types of cancer is highly valuable for cancer management and monitoring 4, 444, 

445. An increasing interest has been devoted towards the protein anterior gradient homolog-2 (AGR2) 

over the past decade, due to its diagnostic and prognostic value for pancreatic, breast, ovarian, prostate 

and colorectal cancer 446-451. Specifically, in pancreatic cancer, which is one of the most lethal types of 

cancer, AGR2 has been suggested to play an important role in cancer initiation and development. 

Moreover, AGR2 has been found to be elevated, at a concentration in the sub-nanomolar range, in the 

pancreatic juice of patients with high-grade pancreatic intraepithelial neoplastic (PanIN) lesions, which 

are precursors to invasive pancreatic cancer 452-454. This would be an ideal stage for diagnosis, as a time 

point when surgical resection can potentially prevent the progression to malignancy 454. To date AGR2 

detection has been demonstrated by traditional laboratory-based analytical methods, such as enzyme 

linked immunosorbent assay (ELISA) 455 and mass spectrometry (MS) 456. Aptamer-based optical 

biosensors (aptasensors) for sensitive AGR2 detection have been successfully constructed, relying on 

rather complex competitive reaction schemes 457, 458.  

In this work we aim to develop a label-free biosensor for the direct detection of the protein AGR2 in 

body fluids. The biosensor is constructed from porous silicon (PSi) Fabry-Pérot thin films, which enable 

target detection, via real-time monitoring of the PSi reflectance changes. Despite the significant 

advantages of such biosensors, their application has been rather limited due to insufficient sensitivity, 

usually in the micromolar range for proteins 21, 26, 29, 186, 229, 332, 459. To the best of our knowledge, their 

use for detection of cancer protein biomarkers, usually present in the picomolar range, has not yet been 

demonstrated. Their inferior performance is mainly attributed to mass transfer limitations 23, 42, 159, 189, 

396, and several strategies have been implemented for sensitivity enhancement, while still detecting the 

analyte in a direct and label-free manner. These include the optimization of the porous nanostructure 

and surface chemistry 19, 27, 32, 460, design of a flow-through PSi biosensor 23, 241, microfluidic integration 

44, 46, decoration of the PSi with gold nanoparticles for improved optical signal 461, 462,  signal 

amplification 463, application of an electrokinetic focusing of the target on top of the biosensors 42, 464 , 

as well as novel signal processing techniques 20, 465. Specifically, we have demonstrated the integration 

of PSi biosensors with isotachophoresis (ITP) technique for on-chip analyte preconcentration and 

demonstrated a nanomolar detection limit for both DNA and protein targets 42, 464. Furthermore, we have 

recently presented a novel signal processing technique, which reduces system noise by application of 

Morlet wavelet convolution to filter spectra, resulting in an improved limit of detection 465.  

Herein, we investigate different avenues for enhancing the sensitivity of PSi and address the three key 

benchmarks for developing a successful biosensor 5. The selectivity of the biosensor is achieved by the 

immobilization of an anti-AGR2 aptamer 304 within the PSi and analyzed by exposure of the biosensor 

to non-target proteins in a buffer solution, as well as to a simulated pancreatic juice. The sensitivity and 

response time of the biosensor are investigated by real-time mass transfer imaging and several strategies 

for improving the protein flux to the biosensor are studied and compared. Furthermore, a new signal 

processing technique is investigated to reduce the experimental noise.  
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Experimental  

Materials 

Heavily doped p-type Si wafers (<100>-oriented, 0.90-0.95 mΩ∙cm resistivity) were purchased from 

Sil'tronix Silicon Technologies. Aqueous HF (48%), (3-Aminopropyl)triethoxysilane (APTES), 

diisopropylethylamine (DIEA), succinic anhydride, N-(3-Dimethylaminopropyl)-N′-ethylcarbodiimide 

hydrochloride (EDC), N-Hydroxysuccinimide (NHS), acetonitrile (ACN), morpholinoethanesulfonic 

acid (MES), MES sodium salt, Tris base and all buffer salts were purchased from Merck. Ethanol 

absolute was supplied by Bio-Lab ltd. All buffer solutions were prepared with Milli-Q water (ddH2O, 

18.2 MΩ∙cm). Polydimethylsiloxane (PDMS) was prepared from Sylgard® 184 Silicon Elastomer kit, 

purchased from Dow Corning. Anti-AGR2 aptamer sequence was obtained from Wu et al 304 and used 

with a 17-bases long spacer at the 5’ terminus: 5’-TCT-CGG-ACG-CGT-GTG-GTC-GGG-TGG-GAG-

TTG-TGG-GGG-GGG-GTG-GGA-GGG-TT-3’. The aptamers were purchased with a 5'-amino 

modification or 5'-amino modification and 3'-Cy5 fluorescent dye modification from Integrated DNA 

Technologies. AGR2 protein was purchased from MyBioSource Inc. Pancreatin from porcine pancreas 

(4x USP), Nα-benzoyl-L-arginine ethyl ester (BAEE), Trypsin and BSA were purchased from Merck. 

Rabbit Immunoglobulin G (IgG) was purchased from Jackson ImmunoResearch Labs Inc. 10 mM 

phosphate buffered saline (PBS) was composed of 137 mM NaCl, 2.7 mM KCl, 10 mM Na2HPO4 and 

2 mM KH2PO4 (pH 7.0). Selection buffer (SB) was composed of 137 mM NaCl, 20 mM KCl, 10 mM 

Na2HPO4 and 2 mM KH2PO4 (pH 7.4). 0.5 M MES buffer was prepared from 0.27 M MES and 0.23 M 

MES sodium salt (pH 6.1) and Tris buffer was composed of 50 mM Tris base (pH 7.4). 

Aptasensor Construction  

Fabrication of oxidized PSi nanostructures: PSi Fabry-Pérot thin films are fabricated from a 

highly doped p-type crystalline Si wafers, with a typical resistivity of 0.90-0.95 mΩ·cm, using 

a two-step anodization process. A detailed description of the etching setup can be found 

elsewhere 16. First, a sacrificial layer is etched at a constant current density of 300 mA cm-2 for 

30 s, in a 3:1 (v/v) solution of aqueous HF (48%) and ethanol, respectively. Subsequently, the 

obtained porous layer is dissolved in 0.1 M NaOH and removed. Finally, a second etching is 

conducted under similar conditions and the resulting freshly-etched PSi is thermally oxidized 

in a tube furnace (Thermo Scientific, Lindberg/Blue M™ 1200ºC Split-Hinge, USA) at 800 °C 

for 1 h in ambient air 159. 

Nanostructure characterization with scanning electron microscopy: The oxidized PSi nanostructure, 

pore diameter and film thickness are characterized by high-resolution scanning electron microscopy 

(Carl Zeiss Ultra Plus), at an accelerating voltage of 1 keV. 
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Immobilization of anti-AGR2 aptamers: Amino-terminated aptamers are conjugated to the oxidized 

PSi films by amino silanization and carbodiimide coupling chemistry 26, 302. Initially, the oxidized PSi 

film is amino-silanized by incubation in a solution of 1% v/v APTES and 1% v/v DIEA in ddH2O for 1 

h, followed by washing with ddH2O and ethanol and drying under a nitrogen stream. Subsequently, the 

PSi samples are annealed at 100 ºC for 15 min. Next, carboxylation is achieved by incubation in a 

solution of succinic anhydride (10 mg mL-1) and 2% v/v DIEA in ACN for 3 h, followed by extensive 

rinsing with ACN and ddH2O and drying under a nitrogen stream. The samples are then reacted with 

EDC (10 mg mL-1) and NHS (5 mg mL-1) in MES buffer for 1 h, after which, the samples are rinsed 

with MES buffer and gently dried under nitrogen stream. Subsequently, aptamer solution (50 µM in 

PBS) is applied and incubated for 1 h, followed by rinsing with Tris buffer, to deactivate remaining 

reactive NHS and EDC groups on the surface. Finally, the aptamer-functionalized PSi is exposed to 

boiling ddH2O for 2 min, and gently dried under a nitrogen stream, to unfold any secondary structures 

of the aptamer prior to further use. 

Chemistry characterization with Fourier transform infrared (FTIR) spectroscopy: Chemical 

modification of the PSi is studied with attenuated total reflectance FTIR (ATR-FTIR) spectroscopy, 

utilizing a Thermo 6700 FTIR instrument, equipped with a Smart iTR diamond ATR device. 

Chemistry characterization with confocal laser scanning microscopy: Cy5-labeled aptamer is 

immobilized onto the PSi, followed by scanning with a confocal laser scanning microscope (LSM 700, 

Carl Zeiss, Inc.), linked to a Zeiss inverted microscope equipped with a Zeiss X63 oil immersion 

objective. PSi photoluminescence and Cy5-labeled aptamers are excited with laser lines of 405 nm and 

639 nm, respectively. For three-dimensional image projection of the porous structure, z-scans in 0.4 µm 

increments over a depth of ~12 µm are taken and projected with a standard Carl Zeiss software (ZEN 

2009). Further image analysis is performed by Imaris Bitplane scientific software. 

PDMS Microchannels 

PDMS microchannels, 3 cm in length, 100-350 µm in width and 20 µm in depth, are fabricated in-house 

based on an SU8 template, which was constructed by standard lithography at Stanford Microfluidic 

Foundry (Stanford University, Stanford, CA, http://www.stanford.edu/group/foundry/) 310. PDMS 

polymer and cross-linker are mixed at a 10:1 ratio, respectively, followed by curing at 100 ºC for 3 h. 

The microchannels are attached to the aptamer-functionalized PSi by exposure of the inner surface of 

the PDMS to corona treatment for 40 s, using a laboratory corona treater (BD-20V Electro-Technic 

Products), followed by baking at 100 ˚C for 3 h.  

Time-Resolved Mass Transfer Visualization 

Infiltration of a fluorescently-labeled AGR2 protein (Atto-647N dye) in the aptasensor is monitored in 

real time by confocal laser scanning microscopy (CLSM). The scanning is conducted with a LSM 510 

confocal laser-scanning microscope (Carl Zeiss, Inc.), linked to a Zeiss upright microscope equipped 

http://www.stanford.edu/group/foundry/
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with a Zeiss X63 oil immersion objective. PSi photoluminescence and Atto-647N-labeled AGR2 are 

excited with laser lines of 458 nm and 633 nm, respectively. For three-dimensional image projection of 

the porous structure, z-scans in 0.73 µm increments over a depth of ~15 µm are taken, every 30 s, and 

projected with a standard Carl Zeiss software (ZEN 2010). Initially, the photoluminescence and AGR2 

fluorescence signals are scanned within the aptasensor with 10 µL of SB buffer for 10 min. Then, a 1 

µM solution of Atto-647N-labeled AGR2 in SB (40 µL) is introduced and the photoluminescence and 

AGR2 fluorescence are measured continuously for additional 50 min. We use a relatively low AGR2 

concentration for the measurements to obtain a time-resolved visualization of the protein infiltration 

before signal saturation is reached. Image analysis is performed by Imaris Bitplane scientific software. 

Isotachophoresis (ITP) Assay 

For application of ITP, the freshly etched PSi is thermally oxidized in a tube furnace (Thermolyne) at 

1000 ˚C for 46 h under constant oxygen flow of 0.5 L min-1. These harsh oxidation conditions are 

employed to ensure an insulting oxide layer, capable to withstand high voltage values 42, 464. Following 

aptamer immobilization, PDMS microchannels are attached (350 µm in width and 20 µm in height) as 

described above. A fluorescently-labeled AGR2 is used to visualize the protein focusing, where the 

protein is labeled via amine groups with Atto-647N dye, to maintain its natural charge. In the standard 

cationic ITP assay, the microchannel and its east reservoir are filled with a leading electrolyte (LE) 

buffer using a vacuum pump, while the microchannel’s west reservoir is filled with the fluorescently-

labeled AGR2, diluted in a terminating electrolyte (TE) buffer, see schematic illustration in Figure 

S5.5.1 (Supporting Information). A constant voltage of 350 V is then applied across the microchannel, 

utilizing a high-voltage power supply (model PS375, Stanford Research Systems, Inc.). The 

fluorescence signal is monitored with a customized Zeiss upright microscope, equipped with a camera 

(Axio Cam MRc, Zeiss), at a constant exposure time of 100 ms. X-Cite® 120Q excitation light source 

(Excelitas Technologies) is used for illumination. The LE and TE buffer compositions are detailed in 

Table S1 (Supporting Information). For the indirect anionic ITP assay, the LE is composed of 200 mM 

Bis-Tris, 100 mM KCl and 100 mM HCl and TE buffer is composed of 20 mM Bis-Tris, 10 mM Tricine 

and 0.2 mM KCl. The fluorescently-labeled AGR2 is reacted with the anti-AGR2 aptamer at a ratio of 

1:10, respectively, in TE buffer for 1 h, prior to the ITP assay.  

Biosensing Experiments 

The aptasensor is mounted in a custom-made Plexiglas cell and a tungsten light source is focused onto 

the center of the sample with a spot size of approximately 1 mm2. Interferometric reflectance spectra 

are collected with a charge-coupled device (CCD) spectrometer (Ocean Optics, USB 4000) fitted with 

an objective lens coupled to a bifurcated fiber-optic cable, see Figure S5.5.2a (Supporting Information) 

for additional details. For experiments in microchannels, a customized Zeiss upright microscope 

equipped with a CCD spectrometer is utilized. The aptasensor is fixed to the microscope stage, under 
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the objective, and illuminated with light from a halogen source (halogen100 illuminator, Zeiss), focused 

through an A-Plan objective (10x magnification, 0.25 NA, Zeiss). The size of the illumination spot is 

controlled by the microscope iris and adjusted to the microchannel width (the experimental setup is 

shown in Figure S5.5.2b, Supporting Information).  

Illumination and reflectivity detection are performed perpendicular to the surface and the reflectance 

spectra are recorded in real time at a wavelength range of 450-900 nm. The collected spectra are 

analyzed by reflective interferometric Fourier transformation spectroscopy (RIFTS) 17, 18, 26 in which 

taking the fast Fourier transformation (FFT) of the raw spectra results in a peak that corresponds to the 

dominant frequency of the Fabry-Pérot interference fringes. The position of this peak along the x-axis 

equals the effective optical thickness (EOT) of the porous layer and is the product of the average 

refractive index and the thickness of the porous layer. Reflectance spectra are recorded every 15 s 

throughout the experiments and the data is presented as a relative EOT, defined as 

∆𝐸𝑂𝑇𝑡

𝐸𝑂𝑇0
=

𝐸𝑂𝑇𝑡 − 𝐸𝑂𝑇0

𝐸𝑂𝑇0
 

where EOT0 is the averaged EOT signal obtained during baseline establishment.  

In all biosensing experiments, a baseline is first acquired in SB and the protein solution (in SB or in a 

simulated pancreatic juice) is introduced and incubated for 1 h. The protein solution is removed and the 

aptasensor is extensively washed with SB. Please note that the purchased AGR2 stock (1 mg mL-1) is 

diluted in 20 mM Tris-HCl, 1mM DTT, 1 mM EDTA and 10% glycerol (pH 8.0) buffer. Thus, its dilution 

in SB contains residues of these components. Biosensing experiments with non-target proteins were 

carried out with the same dilution procedure to eliminate variability due to buffer composition. For 

experiments with simulated pancreatic juice, pancreatin is utilized. It is diluted according to its trypsin 

activity to provide 100 p-toluene-sulfonyl-L-arginine methyl ester units per mL 311. The trypsin activity 

of 0.45 µm filtered pancreatin in SB is determined by a standard BAEE assay 312 and diluted 

accordingly. The total protein amount within this sample is determined with NanoDrop instrument 

(NanoDrop 2000 spectrophotometer, Thermo Scientific) and the sample is analyzed by a standard SDS-

PAGE. In some experiments, mixing is applied by manual pipetting of the AGR2 solution over the 

aptasensor for 10 min, followed by an incubation without mixing. As a control, the buffer used for the 

dilution of the AGR2 protein stock was mixed for the same time on top of the aptasensor. 

The limit of detection (LOD) is calculated based on the standard deviation of the relative EOT signal 

while the aptasensor is incubated with the baseline buffer, prior to protein introduction. We use the 

lowest standard deviation values in each of the experimental setups, which are equal to σ=0.03, σ=0.01 

and σ=0.04 (as ΔEOT/EOT0 x10-3) for the cell, mixing and microchannel setups, respectively. LOD is 

commonly determined as the concentration at which the signal equals to 3.3*σ, thus centering the noise 

floor around 0; however, this assumes that the intercept of the line of the best fit is 0, which is not 

always the case due to baseline drift or nonspecific adsorption. This may result in an undefined LOD 

when the intercept is outside the noise floor. Thus, we apply a more accurate and robust approach by 
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centering the noise floor around the intercept, and calculating the LOD as the concentration at which 

the signal exceeds its intercept by 3.3*σ in the linear fit of the data 465. It should be noted that AGR2 is 

present in a dimer-monomer equilibrium 466 and thus we utilize a molecular mass of a dimer to convert 

between µg L-1 and M units. 

The apparent dissociation constant (KD) is calculated based on a non-linear regression of the obtained 

data utilizing the model for specific binding with a hill slope, according to: 
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maxB is the concentration at which the maximum biosensor response is reached and h  is the Hill 

coefficient, which gives information about the stoichiometry of the binding interaction 314, 315. GraphPad 

Prism software is used for the fitting. 

Signal processing based on Morlet wavelet filtering and average phase difference (Morlet 

wavelet phase method) 

The acquired reflectance spectra are processed using the recently-introduced Morlet wavelet phase 

method 465. The requisite steps are depicted in Figure S5.5.3 and include the application of complex 

Morlet wavelet band pass filtering to the reflectance vs. wavenumber spectrum. The Morlet wavelet 

parameters are determined based on the width and center frequency of the dominant peak in the FFT, 

obtained using a rectangular window. The phase of the resulting complex filtered spectrum is extracted 

and unwrapped. In this manner, the unwrapped phase is calculated for a reference spectrum, during 

aptasensor incubation with the baseline buffer prior to protein or complex sample introduction, and for 

each subsequent time point. The resulting Morlet wavelet phase signal is the average of the difference 

between the unwrapped phase of the reference spectrum and that of the spectrum collected at each time 

point. 

Statistical analysis 

For all experimental sets, n≥3 and values are presented as the mean and standard deviation of the mean. 

For statistical analysis, a Student’s t-test with a minimum confidence level of 0.05 for statistical 

significance, assuming unequal sample sizes and unequal variance, is performed.   

Results and Discussion 

Aptasensor Construction 

PSi is fabricated by contact-current anodization of Si to yield a nanostructured porous film (~4.9 µm 

thick) with characteristic interconnected cylindrical pores (with a diameter of 40-60 nm), as presented 

in Figure 5.5.1a. The porous film is thermally oxidized and functionalized with amine terminated anti-

AGR2 aptamers 304 using NHS/EDC coupling chemistry 302; where the aptamer is modified with a 17 
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bases-long spacer sequence at its 5' terminus to increase the distance of the binding region from the 

solid surface 334, 467. The oxidized PSi is amino silanized and ATR-FTIR spectrum depicts a peak at 1640 

cm-1 (see Figure 5.5.1b), attributed to the bending of the primary amines 302, 348. Subsequent 

carboxylation with succinic anhydride results in two strong peaks at 1557 and 1637 cm-1, which are 

ascribed to amide II and amide I bonds, respectively, and a peak at 1406 cm-1 is assigned to the 

carboxylic acid groups 302, 348. After the activation with coupling agents, EDC and NHS, 3 peaks at 1736, 

1785 and 1820 cm-1 are observed, characteristic of the NHS ester groups on the surface 302, 348, 468. The 

latter diminish following the conjugation of the aptamer, while the peaks of the amide I and II bonds 

intensify. We have also monitored the changes in the reflectance spectra of the PSi film throughout the 

aptamer immobilization process, and the relative EOT values after each modification step are presented 

in Figure 5.5.1c. Upon immobilization of the different chemical groups and aptamer, the average 

refractive index of the porous layer increases as evidenced by the increasing EOT values 16, 18. Aptamer 

conjugation is further characterized by confocal laser scanning microscopy (CLSM) and Figure 5.5.1d 

presents 3D projection images of the PSi film following conjugation with Cy5-labeled aptamer. When 

utilizing the complete conjugation chemistry of the labeled aptamer, a strong fluorescence signal from 

the labeled aptamer is observed to be uniformly distributed throughout the entire porous nanostructure 

(Fig. 5.5.1d-I). As a control, the activation step of the carboxylated surface with NHS and EDC is 

omitted, and no fluorescence from the Cy5-labeled aptamer is detected, indicating that no conjugation 

of the aptamers to the carboxylated surface has occurred (Fig. 5.5.1d-II). Thus, these results confirm 

the successful immobilization of the aptamer within the PSi nanostructure. 
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Figure 5.5.1. PSi aptasensor construction: (a) Top-view and cross-section electron micrographs of the 

oxidized PSi film, fabricated by anodization at 300 mA cm-2 for 30 s; (b) ATR-FTIR spectra and (c) 

Relative EOT values of the PSi film following the synthetic steps for the aptamer immobilization: amino-

silanization with APTES, carboxylation with succinic anhydride, activation with NHS/EDC, and 

coupling of amino-terminated aptamer. Note that the ATR-FTIR spectra are normalized to the Si-O-Si 

stretching peak, which is the maximal peak value for each spectrum, and that the EOT values are 

normalized to the EOT of a neat oxidized PSi film (no aptamer). Since NHS and EDC serve as leaving 

groups, replaced by the aptamers, the EOT of the porous layer after NHS/EDC activation is not 

presented. (d) CLSM 3D projection images of PSi film conjugated with Cy5-labeled aptamer: (I) full 

conjugation chemistry; (II) control experiment - no activation of the carboxylated surface with coupling 

agents, NHS and EDC. Top row represents the fluorescence signal of Cy5-labeled aptamer, middle row 

represents the photoluminescence of the PSi nanostructure and bottom row is the merged view of top 

and middle rows. 

 

Biosensor Selectivity 

Figure 5.5.2a presents the real-time relative EOT changes of the PSi aptasensor upon introduction of 

the target (AGR2) and non-target (Trypsin) proteins. The two proteins present a similar molecular 
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weight and charge, while trypsin is highly abundant in the gastrointestinal body fluids 311. The 

aptasensor is initially washed with SB to allow the aptamer’s proper folding and to establish the initial 

EOT baseline. Following the introduction of AGR2, the EOT signal is observed to gradually increase 

due to the protein infiltration into the porous layer and binding to the tethered aptamers, as manifested 

by the slope of this curve. In contrast, for the non-target trypsin only a low increase in the EOT signal 

is observed, which remains relatively steady throughout the incubation step. This is also observed for 

other relevant non-target proteins, including BSA and IgG (see Figure S5.5.4), and was also reported 

for other porous aptasensors 26, 435, 469. While the slope of the real-time EOT signal cannot differentiate 

between infiltration and molecular binding phenomena 470, the net increase in the relative EOT (obtained 

upon the wash step with SB intended for removal of unbound and adsorbed proteins) is used to study 

apparent protein binding within the PSi. Figure 5.5.2b summarizes both the averaged net EOT values 

and the slopes obtained in these experiments, where only minor changes are observed for the non-target 

proteins, demonstrating the outstanding selectivity of the biosensor.  

Pancreatic juice is a highly complex fluid, rich with different proteins and digestive enzymes 471. Given 

that pancreatic juice is secreted by the pancreas, it serves as an opportune medium for studying 

pancreatic cancer-related proteins, and specifically early cancer stage-related proteins, such as AGR2 

471-473. Thus, the aptasensor is challenged with pancreatin, which is a simulated pancreatic juice from 

pigs. It is composed of a mixture of several digestive enzymes, such as amylase, trypsin, lipase, 

ribonuclease and protease, produced by the exocrine cells of the porcine pancreas 311. The total protein 

concentration is 19±1 mg mL-1 and the abundancy of non-target proteins within this sample is shown 

in an SDS-PAGE analysis in Figure S5.5.5 (Supporting Information). The aptasensor response in terms 

of the net EOT change to neat and AGR2-spiked pancreatin is presented in Figure 5.5.2c. Pancreatin 

induces only a small increase in the net relative EOT, suggestive of non-specific binding, while the 

spiked samples result in a 9-fold higher EOT changes (t-test, p=0.0002). This further highlights the 

selectivity of the aptasensor, where the AGR2 is selectively bound, while outnumbered by >100-fold of 

non-target proteins. Yet, it should be noted that the response to the spiked pancreatin is lower than that 

obtained for AGR2 in buffer (Fig. 5.5.2c). This result may be ascribed to pancreatin components 

interfering with the aptamer-AGR2 binding, which is highly dependent on the proper folding of the 

aptamer 467.  

The calculated slopes (see Fig. 5.5.2d) also present the selectivity of the biosensor towards AGR2: the 

AGR2-spiked pancreatin induces a 2-fold higher slope compared to neat pancreatin (t-test, p=0.02). 

Yet, the attained slope signal in neat pancreatin is rather high and the coefficient of variation between 

readouts is prominent compared to the net relative EOT change (Fig. 5.5.2c). The different behavior of 

these two signal analysis approaches stems from their origin; while the slope characterizes the protein 

infiltration and apparent binding rate, the net relative EOT signal represents the total binding within the 

porous layer. Thus, in contrast to the biosensor performance in a single protein solution (Fig. 5.5.2b), 

upon overwhelming the aptasensor with pancreatin, some of the components of this concentrated 
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complex protein mixture diffuse into the porous nanostructure and non-specifically adsorb on the pore 

walls, resulting in a higher slope as shown in Figure 5.5.2d. This can be observed in Figure S5.5.6 

(Supporting Information), presenting the real-time increase in the relative EOT during neat pancreatin 

introduction. Yet, after ~25 min of incubation the signal reaches a plateau, whereas, for the spiked 

sample, the signal continues to increase throughout the incubation period, resembling the real-time 

response of the aptasensor to AGR2 in a buffer. Once the aptasensor is washed with SB, the EOT 

decreases by ~6 nm for both the neat and spiked pancreatin (corresponding to a relative EOT decrease 

of ~0.4 ΔEOT/EOT0x10-3), indicating a similar extent of removal of adsorbed and non-specifically 

bound proteins from the porous layer. As such, due to the wash step, the net EOT change (presented in 

Fig. 5.5.2c) is less affected by reversible adsorption and nonspecific binding.  

 

 

Figure 5.5.2. Aptasensor response to AGR2 in solution and in pancreatin. (a) Real-time relative EOT 

changes upon aptasensor incubation with AGR2 or trypsin protein solutions (200 µg mL-1). Baseline is 

acquired in the aptamer's selection buffer (SB), followed by introduction of the protein solution and 

incubation for 1 h. The slope of the real-time EOT curves at the initial 30 min of protein incubation (I) 

is used to study the protein infiltration rate into the porous layer and binding. The solution is removed, 

and the biosensor is washed with SB and the attained signal (II) is referred as the net relative EOT 
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change. (b) Net relative EOT changes and calculated slopes upon exposure of the aptasensor to AGR2 

and different non-target proteins solutions (trypsin, BSA and IgG, a similar concentration of 200 µg mL-

1 is used in all experiments, n=3). (c) Net relative EOT changes and (d) calculated slopes for pancreatin 

spiked with 100 µg mL-1AGR2, neat pancreatin and 100 µg mL-1AGR2 in a buffer. ***/* Significantly 

different (t test, n=3 for neat AGR2 and n=5 for experiments with pancreatin, p=0.0002 for relative 

EOT changes and p=0.02 for calculated slopes). 

Limit of Detection  

Figure 5.5.3 presents the averaged net relative EOT changes and calculated slopes upon exposure of the 

biosensor to different concentrations of AGR2. The linear detection range of the biosensor is between 

0.05 and 2 mg mL-1, based on both signal analysis methods, with a good linear correlation (R2=0.9957 

for the relative EOT changes and R2=0.9919 for the calculated slope). For the net relative EOT signal, 

a concentration of 50 µg mL-1 is detected with an average signal-to-noise ratio (SNR) of 4.5 and the 

theoretical LOD value is calculated as 9.2 µg mL-1 (~0.2 µM). Nevertheless, in practice, an AGR2 

concentration of 25 µg mL-1 does not result in a reliable signal and cannot be differentiated from the 

background noise. Furthermore, the apparent dissociation constant is ~21 µM, which is several orders 

of magnitude higher than the reported value for the anti-AGR2 aptamer (determined to be in the 

nanomolar range by flow cytometry analysis in solution) 304. This is in accordance with our previous 

report, where the protein diffusion was found to have a profound effect on its capture rate, resulting in 

micromolar apparent dissociation constants and detection limits, regardless of the capture probe and the 

protein target pair 470.  

 

 

Figure 5.5.3. Net relative EOT changes and calculated slopes upon exposure of aptamer-functionalized 

PSi to different concentrations of AGR2, presenting linear correlation to both signal parameters (n=3). 



Results 

184 
 

Herein, we experimentally demonstrate this phenomenon by real-time confocal laser scanning 

microscopy (CLSM) imaging of the diffusion process of a fluorescently-labeled AGR2 into an aptamer-

functionalized PSi. We monitor the real-time fluorescence signal of the labeled protein with respect to 

the intrinsic photoluminescence (PL) signal of the PSi skeleton 151, 474, allowing us to spatially correlate 

the labeled protein molecules with respect to the porous nanostructure 163, 219, 302. Figure 5.5.4a presents 

CLSM 3D projection images of the aptasensor, prior and 1-min after introduction of the fluorescently-

labeled AGR2. The images are acquired by stacking 0.73 µm CLSM cross sections and present both the 

porous layer region, as well as the solution above the pores. These demonstrate that 1-min after the 

introduction of AGR2, the protein fluorescence signal is observed mainly above the porous layer, with 

a lower intensity signal within the porous layer. Figure 5.5.4b presents the distribution of the AGR2 

fluorescence signal and the PSi PL signal with depth, in a segment of ~11 µm. The location of the porous 

layer, which is ~4.9 µm thick (according to SEM measurements), is estimated based on the PL peak 

maximum, attributed to the top region of the PSi. Thus, the region of <3 µm represents the solution 

phase, above the pore entry. The fluorescence intensity of the protein increases with time in the imaged 

region and varies with depth within the PSi layer. A distinct gradient is observed at all studied time 

points, where the highest signal is measured at the bulk solution (above the pore entry) and the lowest 

at the bottom of the porous layer. These results qualitatively illustrate the target’s concentration gradient 

and indicate that equilibration is not reached within 40 min. This is in agreement with the results of the 

biosensing experiments, where the EOT signal does not reach saturation in this time frame, see Figure 

5.5.2a. Thus, we can conclude that molecular diffusion processes affect protein delivery to the porous 

layer, for at least 40 min after initial protein introduction to the biosensor, and that mass transport 

acceleration is mandatory for improving the biosensor response time and accordingly its sensitivity in 

this time frame. 
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Figure 5.5.4. Time-resolved confocal laser scanning microscopy (CLSM) imaging of AGR2 diffusion 

within the aptasensor. (a) 3D projection images of the aptasensor before and 1-min after introduction 

of fluorescently-labeled AGR2 (1 µM). 3D images are obtained from stacking of CLSM cross sections; 

Top row represents the fluorescence signal of the fluorescent protein, middle row represents the 

photoluminescence (PL) signal of the PSi nanostructure, and the bottom row is the merged view of top 

and middle rows. (b) Variation with time of both AGR2 fluorescence and PL intensity as a function of 

depth (Z) above and within the porous nanostructure. The PSi region is estimated at the peak maximum 

of the PL signal, while the solution phase is located in the region of <3 µm. The gradient in the AGR2 

intensity signal demonstrates that equilibration is not reached within the studied time frame.  

 

Mass Transfer Acceleration 

The target flux to the biosensor surface is governed by Fick’s laws of diffusion and is correlated to the 

target concentration gradient and inversely proportional to the diffusion pathlength. Thus, increasing 



Results 

186 
 

the target concentration gradient and decreasing the diffusion pathlength will result in enhanced 

diffusion flux. In our previous work 464, we incorporated isotachophoresis (ITP) technique for on-chip 

and real-time concentration of a target protein in the sample, thus locally increasing the target 

concentration gradient on top of the aptasensor and consequently improving its flux. This resulted in up 

to 1000-fold improvement in the LOD to the lower nanomolar range (measured values). In ITP, a 

discontinuous buffer system is used, comprised of a leading electrolyte (LE) and a terminating 

electrolyte (TE), having higher and lower electrophoretic mobility than the target, respectively. Upon 

voltage application, a sharp electric field gradient is formed at the LE-TE interface and any species 

having an intermediate electrophoretic mobility will focus at this interface. This results in the 

concentration of the target into a highly-focused peak at the LE-TE interface 415. The proper choice of 

the LE and TE buffer system is crucial for the success of the method and is highly dependent on the 

target characteristics, mainly its charge 245, and the capture probe properties to ensure its functionality. 

While in our previous work, anionic ITP was applied for concentrating a negatively-charged protein 464, 

in the present work, as AGR2 is theoretically characterized by a basic isoelectric point (based on its 

amino-acid sequence), a cationic ITP is applied. As most proteins are negatively-charged at 

physiological conditions 475, cationic ITP assays exist 475-481 but are less prevalent.  

Figure 5.5.5a presents the concept of the ITP assay for focusing AGR2. The PSi aptasensor is 

incorporated in PDMS microchannels, 350 µm in width and 20 µm in height. A fluorescent AGR2 

(labeled via amine groups) is utilized for visualizing the protein focusing within the microchannel. We 

have investigated several buffer compositions of cationic ITP for the focusing and accumulation of 

AGR2 at the LE-TE interface, see Table S-1 (Supporting Information). The microchannel is initially 

filled with LE buffer, while the labeled AGR2 is mixed with the TE buffer in the reservoir. Voltage 

application results in the migration of the LE-TE interface towards the PSi aptasensor, as evidenced by 

the electric field and RIFTS measurements (data not shown). Yet, none of the studied conditions has led 

to a formation of a fluorescent protein peak. Thus, in an effort to improve the AGR2 electrophoretic 

behavior, we have allowed the negatively-charged anti-AGR2 aptamer to interact with the protein (prior 

to voltage application), resulting in a complex with a predicted total negative charge. Indeed, when 

utilizing established anionic ITP buffer composition 245, 464, a fluorescent peak is observed at the buffer 

interface (see Figure 5.5.5b), suggesting the successful focusing of the protein. Nevertheless, the 

fluorescence intensity observed is weak and the peak formed is unstable for a relatively high AGR2 

concentration (50 nM), compared to our previous work 464, impeding the efficiency of the method. This 

emphasizes the main challenge of the ITP method, which should be carefully tailored for each target 

protein and capture probe pair 482. We note that further study and optimization of the buffer composition 

may eventually allow for successful ITP-assisted concentration of AGR2. 

Another strategy for enhancing the target flux to the biosensor is to reduce the diffusion length to the 

biosensor surface, resulting in a decrease in the diffusion time, according to the following relation 
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2 /t L D  

where L is the diffusion length and D is the target diffusion coefficient5, 377, 378. In the first approach, we 

apply mixing of the target solution on top of the biosensor, which eliminates the diffusion gradient in 

the bulk solution. Thus, a constant target concentration, equal to the applied solution concentration, can 

be assumed in the bulk solution, and the diffusion length is reduced to the porous layer thickness only. 

Figure 5.5.5c presents characteristic biosensing results for the aptasensor upon exposure to 100 µg mL-

1 AGR2 and compares between mixed and non-mixed systems. During mixing, a significantly higher 

apparent infiltration and binding rate (by ~6.5 fold) is obtained in comparison to the non-mixed system 

and the relative EOT signal reaches ~90% of the maximal signal obtained at equilibration (after 1 h). 

Following the 10 min of mixing, the apparent binding rate sharply decreases, and minimal target capture 

is observed during the following incubation period. This is attributed to the decrease in the AGR2 

concentration gradient, which is the driving force for diffusion, suggesting that the assay time can be 

reduced to the 10 min of mixing with similar results. Figure 5.5.5d summarizes the averaged net relative 

EOT values upon exposure to different AGR2 concentrations, for mixed and non-mixed systems. A 

signal enhancement of >3-fold is realized by target mixing for all studied AGR2 concentrations, and 

specifically, AGR2 concentration of 25 µg mL-1 is detected with an average SNR of 16. The calculated 

LOD is reduced by ~5-fold to 2.1 µg mL-1 (~47 nM). Analysis of the slope during the mixing allows us 

to study the apparent infiltration and binding kinetics and its comparison to the non-mixed system is 

presented in Figure 5.5.5e, where a substantial enhancement by >13-fold for the mixed system is 

observed, underscoring the prominent effect of the enhanced target flux on the binding kinetics.  

In the second approach, we decrease the characteristic diffusion length by integrating the PSi aptasensor 

with PDMS microchannels. Specifically, we decrease the solution height above the porous layer from 

1 mm to 20 µm (as illustrated in Fig. 5.5.5f). This in turn accelerates the target capture rate, where the 

EOT signal is observed to reach equilibration almost instantly, as shown in the real-time relative EOT 

curve in Figure 5.5.5g. Figure 5.5.5h compares the averaged net relative EOT changes for AGR2 

detection in the cell and the microchannels, where for the latter 3 to 6-fold increase in the EOT signal 

is observed, compared to a cell setup. The calculated LOD in the microfluidic set up is 5.7 µg mL-1 

(~129 nM) and importantly, AGR2 can be reliably detected at a lower concentration of 12.5 µg mL-1 

with an average SNR of 9, compared to a cell setup or mixing experiments. Note that due to the 

insufficient time resolution of the optical measurements at the initial protein introduction into the 

microchannel (see Figure S5.5.7, Supporting Information), we do not analyze the binding slope of the 

real-time EOT curves. 

The binding enhancement achieved by the two presented strategies emphasizes the limiting effect of 

diffusion in these porous biosensors. Further acceleration of the mass transfer rate can be achieved by 

optimization of the porous nanostructure, e.g., carefully adjusting the thickness of the porous layer (i.e., 

the use of thinner porous layers is beneficial as it reduces the diffusion length, but it also affects the 
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reflectance and as a result may hamper the accuracy of the optical signal) 470, by introducing convection 

by the target flow in the system, and by the optimization of the microchannel dimensions and geometry 

5, 483. Additional improvement in the LOD can be achieved by stabilization of the aptasensor surface to 

reduce any negative signal drifting events, which are occasionally observed upon overtime 

measurements. 

 

 

Figure 5.5.5. Strategies for enhancing the sensitivity, by mass transfer acceleration via ITP, target 

mixing and integration with microchannels. (a) Schematic illustration of a cationic ITP assay for AGR2 

on-chip concentration; (b) Schematic illustration and raw fluorescence image of AGR2 (50 nM) and 

anti-AGR2 aptamer complex focusing under anionic ITP conditions; (c) Characteristic relative EOT 

changes as a function of time for 10 min-mixed and non-mixed AGR2 (100 µg mL-1) biosensing 

experiments. As a control, selection buffer (SB) is mixed on the aptasensor for 10 min. Grey area 

indicates the mixing phase. (d) Averaged net relative EOT changes and (e) Calculated slopes for 

detection of different concentrations of AGR2 in a mixed and non-mixed biosesing experiments (n=3). 

(f) Schematic illustration of the PSi aptasensor integrated in the conventional cell setup and PDMS 

microchannel setup. Dimensions are in mm units. (g) Characteristic real-time relative EOT changes 

upon aptasensor incubation with 100 µg mL-1 AGR2 in SB, in a cell setup or in a microchannel setup. 
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(h) Averaged net relative EOT changes for detection of different concentrations of AGR2 in both 

experimental setups (n=3). 

 

Improved Signal Processing 

The aptasensor performance is also determined by the experimental setup, the signal processing 

technique and consequently the noise of the system. To reduce the latter, we apply a different signal 

processing technique instead of RIFTS, named Morlet wavelet phase 465. In this method, Morlet wavelet 

convolution is applied to the PSi reflectance spectra in order to filter out typical noise signatures. This 

results in enhanced noise immunity and consequently lower LOD values. In our recent study, we 

demonstrated that Morlet wavelet phase enables one order of magnitude improvement in LOD for BSA 

adsorption on a PSi thin film, compared to RIFTS and other commonly used signal processing 

techniques 19, 20, 465. Figure 5.5.6 presents the real time changes in the Morlet wavelet phase signal, 

compared to the RIFTS signal, for the lowest studied AGR2 concentrations in each of the different 

experimental setups, i.e., mixing, microchannel or cell setups. Morlet wavelet phase analysis results in 

a significant reduction in the signal noise, which consequently improves the SNR between 3 to 6-fold, 

compared to RIFTS (Figure 5.5.6a and 5.5.6b). Accordingly, the calculated LOD is improved for the 

mixing and microchannel experiments to 0.66 µg mL-1 (~15 nM) and 0.97 µg mL-1 (~22 nM), 

respectively, where further improvement could be realized by optimizing the Morlet wavelet 

parameters to filter measured reflectance spectra more effectively. Importantly, the selectivity of the 

biosensor is maintained while utilizing Morlet wavelet phase analysis, see Figure S5.5.8. Yet, as the 

platform is limited by the mass transfer rate, Morlet wavelet phase does not enable detection of AGR2 

at a concentration of 25 µg mL-1 in a cell setup (Figure 5.5.6c), where no signal was obtained with 

RIFTS as well. Thus, the lowest measured target concentration is unchanged upon Morlet wavelet phase 

analysis and mass transfer acceleration is mandatory for practical improvement in the biosensor 

sensitivity, where Morlet wavelet phase presents a complementary approach to improve the detection 

reliability.  

 

Figure 5.5.6. Characteristic changes in relative Morlet wavelet phase and net EOT signals as a function 

of time for the lowest measured AGR2 concentrations in (a) mixing, (b) microchannel and (c) cell setups, 
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demonstrating that the Morlet wavelet phase signal processing technique reduces the signal noise and 

improves the SNR. Grey area indicates the mixing phase. 

 

 

Conclusions 

We constructed a label-free PSi-based biosensor for detection of AGR2, a cancer biomarker, and studied 

different approaches for enhancing its sensitivity. Anti-AGR2 aptamer is used as a capture probe and is 

immobilized within the nano-scale pores of the PSi thin film, which is utilized as an optical transducer. 

Detection of AGR2 by the aptamer-functionalized PSi film is carried out by real-time monitoring of the 

reflectance changes of the PSi nanostructure. AGR2 captured by the aptasensor is confirmed by the net 

EOT signal increase, and the apparent infiltration and binding rate is calculated based on the analysis 

of the slope of the real-time EOT curves. Both signal analysis methods linearly correlate to the AGR2 

concentration and enable the selective AGR2 detection in a buffer and in a simulated pancreatic juice, 

where the AGR2 is outnumbered by >100-fold of non-target proteins. The LOD of the aptasensor is 

limited to 9.2 µg mL-1 (0.2 µM) attributed to the slow diffusion rate to and within the porous layer. 

Thus, we apply several strategies to improve the target flux to the PSi aptasensor. The ITP technique, 

which allows to preconcentrate the target based on its electrophoretic mobility, is investigated for real-

time focusing of the protein on top of the aptasensor. However, focusing of the positively-charged 

AGR2 while maintaining the immobilized aptamer functionality was not successful. Two approaches 

are studied for reducing the diffusion length to the aptasensor, including target solution mixing on top 

of the biosensor and aptasensor integration in microchannels. Both methods successfully reduce the 

LOD of the aptasensor by up to 5-fold and improve its response time from 1 h to several minutes. To 

further improve the detection reliability, the Morlet wavelet phase signal processing technique is applied 

instead of RIFTS, resulting in a substantial reduction in the measurement noise, which reduces the LOD 

down to 0.66 µg mL-1 (15 nM). We acknowledge that the current LOD is not sufficient for AGR2 

detection in real clinical samples; however, it can be improved by further optimization work of the 

microfluidic architecture and filtering parameters of the Morlet wavelet phase method, or introduction 

of convection into the system 483.  

Supporting Information 

ITP Assay 

A cationic ITP assay is studied due to the basic isoelectric point of AGR2 protein (8-8.5 based on its 

amino acid sequence), as schematically illustrated in Figure S5.5.1. The anti-AGR2 aptamer forms a 

G-quadruplex and its structure stability and binding affinity is highly-dependent on potassium ions 1. 

Thus, the latter is used as the leading electrolyte ion in the assay, while we study a decrease in the pH 

to increase the positive charge of AGR2. The different buffer compositions are detailed in Table S5.5.1. 
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An established anionic buffer composition 2,3 is also tested for the direct AGR2 focusing. The assay is 

applied for several AGR2 concentrations ranging from 50 nM to 5 µM and as a control a successful 

focusing of the free positively-charged fluorescent dye is demonstrated (data not shown).  

 

Figure S5.5.1. Schematic illustration of the cationic ITP assay. (a) The microchannel and the east 

reservoir are initially filled with LE buffer, while the fluorescently labelled AGR2 is mixed with the TE 

buffer in the west reservoir. (b) Upon voltage application, the labelled-protein focuses at the LE-TE 

interface and migrates towards the PSi aptasensor. 

 

Table S5.5.1. Leading electrolyte (LE) and terminating electrolyte (TE) buffer compositions studied for 

AGR2 focusing on the aptasensor via cationic ITP technique 

ITP LE TE 

Cationic 200/100 mM HEPES/KOH 20/10 mM HEPES/Pyridine 

Cationic 200/100 mM HEPES/KOH 20/10 mM HEPES/BisTris 

Cationic 200/100 mM MOPS/KOH 20/10 mM HEPES/BisTris 

Cationic 200/100 mM MES/KOH 20/10 mM HEPES/BisTris 

Cationic 
200/100/80 mM HEPES/KOH/HCl 

 (pH 6.4) 

20/10/7 mM HEPES/BisTris/HCl (pH 

5.9) 

Cationic 
200/100 mM HEPES/KOH 

 (pH 7.4) 

20/10/7 mM HEPES/BisTris/HCl (pH 

5.9) 

Anionic 200/150/100mM BisTris/NaCl/HCl 20/10 mM BisTris/Tricine 
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Figure S5.5.2. Images of the experimental setups. (a) Cell setup in which the PSi aptasensor is mounted 

in a Plexiglas cell; (b) microfluidic setup in which the microchannel-integrated PSi aptasensor device 

is fixed to a stage of a microscope, equipped with a CCD spectrometer. 
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Figure S5.5.3. Schematic illustration of the Morlet wavelet phase signal analysis method. 

 

Figure S5.5.4. Characteristic relative EOT changes as a function of time for the (a) aptasensor and (b) 

neat oxidized PSi upon incubation with 200 µg mL-1 Trypsin, BSA or IgG in SB.  
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Figure S5.5.5. SDS-PAGE characterization of pancreatin at the concertation used for the biosensing 

experiments. 
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Figure S5.5.6. Characteristic relative EOT changes as a function of time upon aptasensor incubation 

with 100 µg mL-1 AGR2 in a buffer, pancreatin spiked with 100 µg mL-1 AGR2 and neat pancreatin. 

Baseline is acquired in the aptamer’s selection buffer (SB), after which the samples are introduced and 

incubated for 1 h. Subsequently, the aptasensor is washed with 10 mL SB every 10 min (indicated by 

the red dashed lines).  

 

Figure S5.5.7. Characteristic relative EOT changes as a function of time upon aptasensor incubation 

with 100 µg mL-1 AGR2 in SB, in a cell setup or in PDMS microchannels, demonstrating the resolution 

of the measurements at the initial protein introduction. 
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Figure S5.5.8. Aptasensor selectivity upon Morlet wavelet phase and RIFTS signal processing 

techniques. Averaged net relative EOT and Morlet wavelet phase changes upon aptasensor exposure to 

(a) AGR2 and non-target proteins (at a concentration of 200 µg mL-1).; (b) pancreatin spiked with 100 

µg mL-1AGR2, neat pancreatin and 100 µg mL-1AGR2 in a buffer. ***/* Significantly different (t test, 

p=0.0002 for relative EOT changes and p=0.03 for Morlet wavelet phase). 
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6. Discussion 

The following section summarizes the main results and achievements of this research: 

Fabrication of PSi Fabry-Pérot Thin Films and Conjugation with Aptamers Specific for 

Target Proteins 

In this work we investigated several different PSi biosensors, which are all based on PSi Fabry-Pérot 

thin films, as a model porous transducer. The latter is the simplest and most robust PSi nanostructure, 

which is easily fabricated by electrochemical etching. The resulting porous layer characteristics depend 

on the etching parameters, such as the Si resistivity, applied current density, and etching time. The 

applied etching conditions in this research were adapted from previous work 26, 29 and were similar for 

the different studied biosensors. The resulting films are highly porous (~75%), 5.0-5.5 µm thick 

comprising of cylindrical pores with an average diameter of 50 nm. These characteristics allow the 

efficient infiltration of aptamers and proteins, which sizes are 10-fold smaller than the pore diameter, 

into the porous layer. 

To allow selective detection of target proteins, capture probes are immobilized within the porous layer. 

Here we utilize DNA aptamers, which are single-stranded oligonucleotides folding into a 3D structure 

for specific binding of their target. Aptamers are synthetically produced at relatively low costs, they can 

be chemically modified to allow their facile conjugation, and are ~10 times smaller than antibodies 

allowing their immobilization at a high-density 215, 216. The integration of aptamers as capture probes in 

PSi transducers has been pioneered by the Segal group, demonstrating advantages of biosensor stability 

and reusability 26. Since then, aptamers have been successfully utilized in several PSi-based biosensors 

for various target molecules 19, 27-33. Nevertheless, antibodies are still considered the gold-standard 

capture probes for biosensors and the advantages of aptamers over antibodies are still controversial in 

the scientific community. Thus, in the first publication (Section 5.1) we present a direct comparison of 

aptamers and antibodies as capture probes for the same target protein using the same PSi transducer. 

Aptamers, targeting the his-tag sequence of proteins, are immobilized onto an amino-silanized PSi 

surface via carbodiimide coupling of amine-terminated aptamers. This chemical path has been adapted 

from our previous work26 and naturally results in an oriented conjugation of the aptamers onto the 

surface due to their single functional chemical group. Anti-his tag antibodies are immobilized onto the 

PSi by two routes: (i) direct covalent immobilization through amine groups via a glutaraldehyde 

crosslinker, which results in a random orientation of the antibodies on the PSi surface; and (ii) 

immobilization via a protein A layer which results in a Fc-oriented conjugation of the antibodies on the 

surface. We experimentally determine the surface density of all capture probes by their cleavage from 

the surface and demonstrate the significantly higher density of the aptamers, by two orders of 

magnitude, compared to the antibodies. This is attributed to the smaller size of the aptamers, compared 

to the antibodies. The latter are immobilized in a similar density by the two different conjugation routes 
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(see Figure 5.1.2). The aptamer-based biosensor (aptasensor) is compared to the random and oriented 

antibody-based biosensors (immunosensors) for detection of a model his-tagged protein and the 

dynamic detection range, target capture rate, limit of detection (see Figure 5.1.3) and selectivity (see 

Figure 5.1.4) are studied. The aptasensor and oriented-immunosensor are found to exhibit a similar 

performance, while the random immunosensor presents poor binding of the target, suggesting that only 

10% of the randomly-immobilized antibodies are active. Thus, we conclude that by optimizing the 

capture probe immobilization (i.e., oriented immobilization of the antibodies), a similar performance 

can be realized for the same transducer. The advantages of the aptamers are found in the practical 

construction, use and storage of the biosensor. The construction of the aptasensor is more rapid and 

cost-effective compared to the immunosensor due to the low cost of the aptamers. Also, the aptasensor 

can be stored dry at room temperature, which facilitates long-term storage. Importantly, while the 

aptasensor can be easily regenerated for multiple uses, where the regeneration conditions are predefined 

and tailored in the aptamer’s selection process, the antibody-based biosensor could not be efficiently 

regenerated by several common regeneration conditions (see Figure 5.1.5) and tedious work of probing 

different conditions is required.   

Theoretical Modelling of the Governing Phenomena of Target Capture by PSi-Based 

Biosensors 

Label-free PSi-based optical biosensors have been widely studied in the past two decades. However, in 

practice, their sensitivity and response time were not sufficient for clinical application; the former 

ranging in the micromolar range for protein and DNA targets. In fact, we found a similar performance 

for various aptamer- and antibody-based PSi biosensors for different target proteins, in terms of their 

dynamic detection range and sensitivity. This is regardless of the characteristic affinity of capture probe 

to its target protein, as represented by the theoretical KD values, and the obtained apparent KD values 

diverged by orders of magnitude (see Table 5.2.1. and Figure 5.2.1c). The porous nanostructure of the 

PSi is highly advantageous for increasing the biosensor surface area but can also lead to hindered 

diffusion phenomena of the target in the porous layer. This is accompanied by the target diffusion 

towards the biosensor surface and its interaction with the immobilized capture probes (see illustration 

in Figure 5.2.1a). These phenomena, which dictate the target capture rate, are dependent on various 

characteristics of the biosensor and should be all considered. Thus, in the second publication (Section 

5.2) we derive a mathematical model to describe this complex system. We focus on a diffusion-based 

target capture (no convection) and compare the derived model to a commonly used model in the 

literature, which assumes the porous layer is a perfect collector and thus neglects the hindered diffusion 

within (termed in this work as the ‘planar model’). We solve both models numerically, utilizing 

parameters characteristic of the PSi aptasensors, and compare them to experimental results of the 

studied aptasensors. Whereas our comprehensive model presents a good fit to experimental results, the 

commonly practiced model is found to highly overestimate the target capture rate in these biosensors 
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(see Figure 5.2.3). These results emphasize the impact of hindered diffusion in the porous layer on the 

target capture rate. Examination of the target concentration profile in the bulk solution on top of the 

biosensor and in the porous layer (see Figure 5.2.4) suggests an interrelated effect of both diffusion 

processes; the diffusion within the porous layer leads to a rapid and substantial formation of a diffusion 

boundary layer within the bulk solution, which significantly impedes the target mass transfer. Our main 

conclusion from this study is that PSi-based biosensors are limited by mass transfer phenomena, which 

conceal the effect of capture probe-target protein reaction kinetics. Thus, mass transfer acceleration is 

mandatory to exploit advantages of higher affinity capture probes in these biosensors. 

Our derived model, accompanied by numerical simulations, can be utilized to guide the optimization of 

PSi biosensors and we present rule of thumbs for the process. While excess of capture probes on the 

surface has been commonly suggested to improve the biosensor sensitivity, our results indicate that 

above a certain threshold, increasing the capture probe density will decrease the target capture rate (see 

Figures 5.2.5a and 5.2.5b). This is attributed to a rapid depletion of the target at the bulk solution, 

resulting in a diffusion boundary layer, which impedes the diffusion rate. Additionally, we demonstrate 

that the porous layer thickness should be minimized, and the pore diameter maximized to improve the 

mass transfer rate (see Figures 5.2.5c and 5.2.5d). These should be tailored in accordance with their 

effect on the optical properties to allow a reliable signal processing. Considering these results, we 

simulate at least 10-fold improvement in sensitivity by nanostructure and capture probe density 

optimization (see Figure S5.2.7). 

Design and Study of Methods for Performance Enhancement of PSi-Based Biosensors 

To enhance the sensitivity and response time of PSi-based biosensors, we study methods that accelerate 

the mass transport rate of the target to the biosensor surface. The third publication (Section 5.3) presents 

the application of isotachophoresis (ITP) technique for real-time preconcentration of the target protein 

on the PSi biosensor. ITP has been successfully applied on a PSi biosensor for a DNA target42; however, 

protein targets pose a greater challenge due to their heterogeneity and higher sensitivity and as such the 

biosensing assay should be tailored for each protein. This includes the ITP buffer system, the leading 

electrolyte (LE) and the terminating electrolyte (TE), where the protein target, having an intermediate 

electrophoretic mobility, focuses in between upon application of electric field. The buffer composition 

should be tailored according to the protein charge, the capture probe functionality, and the stability of 

the transducer surface.  

The compatibility of PSi with ITP is achieved by a complete oxidation of the surface to create an 

insulating oxide layer, which will allow the current to pass through the buffer solution and not the PSi 

nanostructure. The PSi is integrated with PDMS microchannels for convenient ITP application and anti-

his tag aptamers are immobilized within the PSi and utilized as a model biosensor for detection of a 

24 kDa negative his-tagged protein. During ITP application, the protein focuses between the LE and 

TE buffers and migrates according to the electric field along the microchannel, towards the PSi 
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biosensor region (see illustration in Figure 5.3.1a). Upon arrival to the biosensor, the protein plug is 

stopped on top by applying a counter pressure with a water column and allowed to interact with the 

surface-immobilized aptamers. Visualization of the target protein plug migration along the 

microchannel is achieved by its fluorescent labelling; however, its detection by the PSi biosensor is 

carried out by monitoring the reflectance changes of the PSi nanostructure, where no labelling is 

required. ITP results in a significant enhancement in sensitivity by up to 1000-fold, improving the LOD 

from the micromolar to the nanomolar range (see Figure 5.3.2). This is ascribed to the significant 

concentration by 1000-fold of the target protein in the ITP plug on top of the PSi (see Figure 5.3.3). 

This in turn increases the protein concentration gradient, i.e., the diffusion driving force, on top of the 

biosensor, resulting in a higher target flux to the biosensor surface. Additionally, the local concentration 

increase allows to detect target protein concentrations which are orders of magnitude below the 

aptamer-protein KD value. Importantly, we show that the assay can successfully perform in complex 

media, such as bacteria lysates (Figure 5.3.4). Success of the ITP assay results in a substantial 

enhancement of sensitivity. Nevertheless, its limitation is depicted in Section 5.5, where application of 

ITP for a different target protein, which is positively-charged, was not successful. Tedious probing of 

different LE and TE buffers did not result in a formation of a stable target plug (see Figure 5.5.5a and 

5.5.5b). 

The complexity of the ITP assay led us to investigate simpler methods for mass transfer acceleration, 

focusing on decreasing the diffusion path length. This is achieved by applying mixing of the target on 

top of the biosensor, which reduces the diffusion barrier in the bulk solution and decreases the diffusion 

length to the porous layer only. Manual mixing of the target for 10 min resulted in reduction of the LOD 

by 5-fold and a substantial decrease in the biosensor response time (see Figure 5.5.5c to 5.5.5e). 

Additional strategy to improve the target flux to the biosensor surface is by integration with 

microchannels, where the diffusion length is decreased to the micrometer scale. Integration of the 

biosensor with PDMS microchannels, with a 20 µm height, resulted in a 2-fold improvement in the 

LOD (see Figure 5.5.5f to 5.5.5g).  

Microfluidic integration is also highly advantageous for translation of biosensors for point-of-care 

settings. It reduces sample and reagent volumes, shortens the analysis time, and enables high-throughput 

detection, portability, and potentially reduced costs. PDMS is the main polymer used for microfluidic 

fabrication; however, it requires a template, usually fabricated by soft-lithography techniques, which 

are expensive, laborious and time consuming. Thus, in Section 5.4 we present a facile integration of a 

PSi biosensor with 3D-printed microfluidics. 3D printing is rapidly advancing, and it enables rapid and 

fully digital prototyping of complex microfluidic devices in a one-step process. Nevertheless, the lower 

resolution of 3D printing compared to the one achieved by soft lithography combined with surface 

roughness pose a challenge in its integration with the delicate nanostructure of PSi. Thus, we develop a 

straightforward bonding method between 3D-printed polyacrylate microchannels and PSi, utilizing a 

UV-curable adhesive as an intermediate layer. The 3D-printed devices are first subjected to several 
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simple polishing and alignment steps to reduce the bending and roughness of the devices and are then 

bonded to the PSi by a stamping technique (see Figure 5.4.1). This creates a ~5 µm thin adhesive 

between both substrates, which does not interfere with the microchannel biosensor area or the delicate 

PSi nanostructure (see Figure 5.4.2). The PSi biosensor is constructed by immobilization of anti-his tag 

aptamers, as a model system, within the polyacrylate microchannels. Utilizing a motorized stage, 

multiple spots are optically-monitored along a single microchannel in the microfluidic-integrated 

aptasensor in real-time (see Figure 5.4.3a). Also, the 3D-printed polyacrylate microfluidic device 

enables its integration with a convenient tube connector, which is much more robust compared to tubing 

in PDMS-based microfluidics. We demonstrate selective detection of the target protein, with a 40-fold 

improvement in sensitivity, compared to previous work (see Figure 5.4.4). This is mainly attributed to 

the flow configuration in the biosensing experiments, as well as to the smaller dimensions of the 

microchannels, compared to a non-microfluidic setup. Importantly, we compare the 3D-printed 

microfluidic device to the conventional PDMS, with similar microchannel dimensions (see Figure 

5.4.5). We demonstrate a comparable detection signal and an improved selectivity in the 3D-printed 

microfluidics, attributed to non-specific binding of the aptamer capture probe to the PDMS. The novel 

integration of both substrates enables the application of the advantages of 3D printing to PSi biosensors. 

For instance, a flexible design process to investigate the impact of different microfluidic structures on 

the biosensing performance, as well as adaptation to point of care settings. Currently, the main limitation 

lies in the 3D printing resolution, which is tens of micrometers; however, it is anticipated to improve 

with the rapid advancement of the field. 

Application for Cancer Biomarker Detection  

In Section 5.5 we present the construction of a PSi-based aptasensor for detection of the protein anterior 

gradient homolog-2 (AGR2), a cancer biomarker associated with various types of cancer. For example, 

in pancreatic cancer this protein is secreted from pre-malignant lesions to the pancreatic juice and thus 

would be ideal for early detection of this lethal cancer. Anti-AGR2 aptamers are immobilized within 

the porous layer and AGR2 detection is carried out by monitoring the reflectivity changes of the PSi, 

followed by application of the standard RIFTS method. We analyze both the total protein binding within 

the porous layer, as well as the protein binding rate and both signal analysis methods correlate to the 

AGR2 concentration. We focus on the selectivity of the biosensor and challenge it with relevant non-

target protein solutions, as well as a simulated pancreatic juice in which the target is outnumbered by 

>100 fold of non-target proteins (see Figure 5.5.2). The successful detection of AGR2 in this complex 

media demonstrates the stability and selectivity of the aptamer capture probe.  

The LOD of the biosensor is found in the micromolar range, as typical to these biosensors (see Figure 

5.5.3) and is ascribed to mass transfer limitations, as previously discussed in this thesis. We 

experimentally demonstrate the slow diffusion of a fluorescently-labelled AGR2 within the porous layer 

by time-resolved confocal microscopy imaging (see Figure 5.5.4), which correlates with the real-time 
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optical signal during the biosensing experiments. Since the obtained sensitivity is not sufficient for a 

clinical application, where AGR2 is found in sub-nanomolar concentrations within pancreatic juice, we 

apply mass transfer acceleration methods as described above (see Figure 5.5.5). Finally, the LOD is 

reduced to the nanomolar range via the simple integration in microchannels or target mixing on top of 

the aptasensor, and application of an improved signal processing technique. Although not reaching the 

clinical sensitivity, this work presents a significant improvement in the sensitivity of label-free PSi 

biosensors, without compromising the label-free and direct detection of the target. Further enhancement 

in sensitivity can be achieved by optimization of the PSi nanostructure, applying convection to the 

system and optimization of the microchannel geometry. 
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7. Conclusions 

The main achievements of this work are: 

▪ For the first time, a careful and thorough comparison between aptamers and antibodies as capture 

probes is carried out. The latter are immobilized onto PSi transducers, with a similar characteristic, 

and binding of the target protein molecules to the tethered capture probes is investigated under 

similar conditions. We demonstrate that the biosensing performance is comparable when the 

immobilization of these capture probes, i.e., oriented immobilization, is practiced. We show that 

the advantages of the aptamers as capture probes are mainly in the facile fabrication, storage, and 

usage of the biosensor, due to the aptamer stability and low cost. 

▪ For the first time, a comprehensive mathematical model for description of mass transport and 

reaction kinetics phenomena in PSi biosensors is derived; the model properly captures target 

binding rate in these biosensors, in contrast to previous models used in the literature. We decipher 

the limiting factors of PSi-based biosensors and the orders of magnitude deviations between 

experimental and theoretical target-capture probe binding affinities. Also, we present rule of thumbs 

for optimization of PSi-based biosensors, in terms of nanostructure characteristics and capture 

probe surface density.  

▪ We present several techniques for mass transfer acceleration and sensitivity enhancement of PSi-

based biosensors. For the first time, ITP method is applied for a protein target pre-concentration on 

top of a PSi-based biosensor, resulting in up to 1000-fold reduction in LOD. We also present up to 

5-fold reduction in LOD by simple target mixing on top of the biosensor and basic microfluidic 

integration. 

▪ For the first time, PSi biosensor is integrated in 3D-printed polyacrylate microfluidic device. We 

developed a straightforward method for bonding the rough surface of the 3D-printed device with 

the delicate nanostructure of PSi. We demonstrate successful and selective detection of a model 

target protein, improved performance compared to the gold-standard PDMS microfluidics, as well 

as sensitivity enhancement compared to previous work. 

▪ A PSi biosensor for detection of a relevant protein cancer biomarker is constructed and highly-

selective detection of the target within simulated pancreatic juice is demonstrated. We were able to 

enhance the sensitivity, reaching a LOD of ~15 nM, which is a significant improvement compared 

to previous studies.  
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