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Nucleic acid-based detection can be applied broadly to detect pathogens in, for example, 

clinical samples, livestock, food and water. The recent COVID-19 pandemic once again 

emphasized the importance of point-of-care (POC) diagnosis, which is rapid, inexpensive and 

reliable, to defend against public health threats. Currently, nucleic acid amplification tests (NAATs) 

rely on polymerase chain reaction (PCR) and other amplification methods that makes them more 

complex, less portable, dependent on perishable reagents and less suitable as POC tests. With the 

goal to develop portable, rapid and inexpensive diagnostic devices, we have been working on the 

further evolution of the previously reported nanopore-based, nucleic acid detection platform 

developed at UCLA. The detection scheme utilizes charge neutral peptide nucleic acid (PNA) 
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probes conjugated to carboxyl-functionalized microbeads for sequence-specific nucleic acid (NA) 

detection. The hybridization event with target NA introduces negative charge to the PNA-bead 

complex which results in electrophoretic mobility. The negatively charged PNA-bead complex 

after target NA hybridization is directed by an electric field to a nanopore of smaller diameter in a 

micron-thick glass membrane where it blocks at least partially the ionic current flow thereby 

providing a sustained current drop which serves as the detection signal. In order to demonstrate 

the potential broad application for detection of pathogens in clinical samples, both Neisseria 

gonorrhoeae and Chlamydia trachomatis spiked in human urine were detected at 10-100 CFU/mL 

against a background of representative bacterial flora.  High sensitivities and specificities of ~95% 

were demonstrated and no false positives were observed with the representative bacterial flora 

which served as a control. An improvement of overall detection time was achieved by integrating 

the nanopore detector, which consists of a glass chip with an etched membrane and nanopore, with 

the lateral flow assay (LFA) format. The extracted NA sample flows along an LFA membrane by 

surface-tension driven capillary flow and hybridizes with a preloaded deposit of neutral PNA-

beads. Driven by an external electric field, the negatively charged bead with hybridized NA 

successfully blocks the smaller nanopore integrated on the LFA chip and generates a detection 

signal. Therefore, the overall detection time is reduced significantly without the need for complex 

pumps or valves. Detection of 10 aM E. coli 16S rRNA against 10 fM P. putida 16S rRNA within 

15 minutes was demonstrated successfully using the nanopore integrated into the LFA format. 

Further demonstrations with complex clinical samples and integration with simpler NA extraction 

schemes may lead to broad application for disease diagnosis at the POC. 

The study of neurological disorders and the deciphering of complex behaviors rely on the 

ability to monitor neuronal processes including inter-neuronal chemical signaling. Compared to 
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extensively developed electrophysiological recordings, the detection of neurotransmitter release 

events in near-real time is far less advanced and remains limited in application. Neuroprobes with 

high spatiotemporal resolution would enable establishment of the relationships between 

neurotransmitter release events and subsequent behaviors. Our lab previously has reported 

glutamate (Glut) microbiosensors that can selectively detect glutamate against a background of 

electroactive interferents including dopamine (DA) and ascorbic acid (AA).  In order to achieve 

better sensitivity and spatiotemporal resolution, further development could be achieved by 

optimizing the enzyme deposition technique and the thicknesses of the deposited enzyme layer 

and permselective polymer coatings. Microcontact printing (μCP) has been adopted as a direct 

method to deposit arrays of proteins on silicon or glass substrates without compromising the 

activity of the proteins. By incorporating a specially designed polymer with choline oxide to create 

a μCP “ink” led to improved choline sensor performance including a sensitivity of 639 ± 96 nA 

μM-1 cm-2 (pH 7.4; n = 4). Guided by simulations performed with a detailed mathematical model, 

choline sensors were constructed with exhibited sensitivity and response time of 660 ± 40 nA μM−1 

cm−2 at 37 °C and 0.36 ± 0.05 s respectively. With assistance of microcontact printing to selectively 

transfer different enzymes onto specific microelectrodes in an array on 100-um-width microprobes, 

a demonstration of an implantable multifunctional neural microprobe for simultaneous multi-

analyte sensing and chemical delivery has been achieved. 
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Chapter 1: Introduction  

1.1 Sequence-specific nucleic acid detection 

1.1.1 Motivation 

 Nucleic acid-based, sequence-specific detection of pathogens has a wide range of 

applications including pathogen diagnosis, detecting food and water contamination, guiding proper 

treatment to reduce antibiotic resistance and screening to reduce transfusion transmitted infections 

(TTIs) in the blood donation recipients.1 The recent COVID-19 pandemic once again emphasized 

the importance and apparent demand for inexpensive, sensitive, and convenient disease diagnostics. 

In order to better fight against public health crises, ideal diagnostic tests should be rapid, 

inexpensive and easy to operate and interpret.2 Traditional clinical diagnosis requires standard 

laboratory facilities and professional specialists, and generally includes transportation to the lab, 

culturing, batching, testing, which usually requires up to a few days. Previous study has indicated 

that a significant portion of the patient population will not wait in a clinic for more than 20 mins 

for a test result3, 4, therefore, the need for a rapid but reliable pathogen detection schemes that do 

not require a standard laboratory environment and that can meet requirements at the point-of-care 

(POC) becomes evident. Furthermore, if a diagnostic device is intended for widespread use, or 

made available to developing countries, it should be inexpensive and easy to operate, especially if 

tests are to be repeated at high frequency for everyone, such as during a pandemic. 
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1.1.2 Current nucleic acid-based detection schemes  

 Marketed POC immunoassays are a class of frontline diagnostics for detecting several 

pathogens and pathophysiological conditions. However, immunoassays often have marginal 

sensitivities and specificities leading to false negatives and positives.5 Nucleic acid amplification 

tests (NAATs) with ultralow limits of detection (LODs) and both sensitivity and specificity in the 

90-99% range could be more preferable, considering the combination of low detection limit, high 

sensitivity and high specificity.6 Polymerase chain reaction (PCR) is the core method used by most 

NAATs to amplify the copy number of the target disease-specific nucleic acid (NA) in a sample. 

However, the process is inherently complex entailing the need to isolate and purify nucleic acid 

from a sample, to control temperature cycling during the enzyme-catalyzed amplification process, 

and to provide expensive reagents including polymerase, primers and nucleotides. Optical 

component also may be required to detect amplicons labeled with dyes. 

 Many studies have been pursued to develop inexpensive but rapid and accurate 

amplification-free, nucleic acid-based diagnostic techniques. Enabled generally by the advent of 

nanotechnology, numerous detection methods based on both optical and electrical measurements 

have been conceived over recent years. Over the past few years, many reports including ours, have 

demonstrated high accuracy in detecting pathogens in clinical samples or mock clinical samples, 

with NA at ultralow concentration in the single digit attomole range.7-13 

 A great number of optical methods have been reported to visualize the presence of a target 

NA sequence by conjugation with nanoparticles/nanorods. Common strategies including Förster 

resonance energy transfer (FRET), the bio-barcode method, quantum dot fluorescence, surface 

enhanced raman spectroscopy (SERS), surface plasmon resonance (SPR), and darkfield 

microscopy. A few optical methods exhibit outstanding LODs in the single-digit zeptomole range, 
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but the current limitation includes the lack of detection in complex samples obtained in the clinic, 

potentially lengthy multiple hybridization processes and common reliance on expensive 

spectroscopy instrumentation. 

 Electrochemical or electronic approaches for detection of NAs of specific sequence at 

ultralow concentration evolved later than optical schemes and all within about the last 10 years. 

The common detection schemes include mass spectrometry, constant potential amperometry, 

voltammetry, electrochemical impedance spectroscopy, field effect transistors, and piezoelectric 

plate sensors. The electrochemical methods displayed good potential to be integrated with simple 

electronics with low power requirements, however a large portion of them currently still have a 

lengthy assay time. 

1.1.3 Nanopore based, amplification-free sequence specific detection scheme 

 Nanopore-based NA sensing systems are based on a resistive-pulse sensing mechanism 

following on the work of Coulter, where the conductance of an electrolyte-filled pore or channel 

is monitored as analyte species traverse or block it.  Our form of nanopore-based detection relies 

on an electromechanical signal transduction mechanism that also enables detection of NA at ~1 

aM.7 Uncharged PNA capture probes are conjugated to ~800-nm-diameter polystyrene spheres 

that are designed to be very nearly charge neutral overall such that they do not exhibit 

electrophoretic movement in the presence of an electric field.  However, the substantial negative 

charge acquired upon capture of a target NA sequence makes the hybridized conjugate mobile.  

Electrophoresis of the bead-PNA conjugate with hybridized target NA to the mouth of a smaller 

diameter glass pore causes a significant decrease in pore conductance, thereby resulting in a strong, 

sustained drop in measured ionic current.  Nonspecifically bound NA is removed from the bead 

conjugate by the strong electric field at the pore mouth resulting in no sustained signal.  Further, 
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the opposing electroosmotic flow through the glass pore sweeps PNA-bead conjugates without 

hybridized target away from the pore mouth. With this technology, pathogens such as Neisseria 

gonorrhoeae and Chlamydia trachomatis were detected in 10-100 CFU/mL range in sterilized 

pooled human urine and exhibited sensitivity and specificity of ≥95%.14 However, since the 

procedure used involved multiple centrifugations and transfers via pipets, the overall assay time 

could be significantly reduced by integrating with the lateral flow assay format.  

1.2 Electrochemical sensing of neurotransmitters  

1.2.1 Motivation 

 A deep understanding of information processing in the brain is critical for neuroscience 

studies and rational development of effective treatments for complex neurological disorders 

including Huntington’s disease, Alzheimer’s disease, Parkinson’s disease, ALS, and Jakob-

Creutzfeldt disease.15 Even though the signaling inside the brain is very complex, they can be 

classified as electrical and chemical signals. The electrical signals are generated by the firing of 

action potentials, which propagates electrical signals along a neuron. Neurotransmitters serve as 

chemical messengers to deliver chemical signals from one neuron to the next. In the past, numerous 

successful research studies have been performed with a focus on electrical signaling monitored 

through electrophysiological recordings.16, 17 On the other hand, study of chemical signaling, 

which plays an important role in mood and behavior, is less developed and scientists still have 

very little data about the specific relationship between neurotransmitters and human neurological 

states.18, 19 

 Choline is a product of the hydrolysis of the neurotransmitter, acetylcholine, which acts as 

a messenger functioning in memory storage and body movement such as muscle contractions.20 
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Glutamate is an excitatory neurotransmitter and is associated with memory formation and learning. 

Known disorders associated with abnormal glutamate signaling includes Huntington’s disease, 

Alzheimer’s disease, Parkinson’s disease, ALS, and Jakob-Creutzfeldt disease.21, 22 Serotonin is a 

small-molecule neurotransmitter that carries messages between nerve cells in the brain and 

throughout the body, and it plays a key role in mood, sleep, digestion, nausea, wound healing, 

bone health, blood clotting and sexual desire.18 Fabricating sensors with enhanced enzyme transfer 

and immobilization skills and with novel detection mechanisms could further elucidate the roles 

of the above-mentioned neurotransmitters in neural disorders and diseases. 

1.2.2 Current sensing mechanisms for neurotransmitter detection  

 Currently, sensors focus on detecting the neurotransmitter that leaks into the extracellular 

space after release into the synapse during chemical signaling. Microdialysis with high 

performance liquid chromatography (HPLC) is one of the most popular traditional detection 

schemes. It generally has a very high sensitivity and can detect a broad range of species.23, 24 

However, long analysis times and relatively large probe sizes (>100 μm in width) result in limited 

temporal and spatial resolution. Fluorescence imaging with high sensitivity and high temporal and 

spatial resolution also exhibits good potential.25, 26 However, limited light penetration in the brain 

as well as requirements for genetic encoding are the limitations. Besides, to achieve super high 

single neuron resolution, expensive two-photon microscopy is required.  

 Electrochemical sensing of neurotransmitters emerged as a viable and rapid way to monitor 

neurotransmitters with high temporal and spatial resolution. Fast scan cyclic voltammetry is one 

of the proven successful electrochemical detection methods that has advantages of high sensitivity, 

high temporal and spatial resolution and being label free.27 However, it is limited by application 

to only a small number of electroactive species and by difficulty in multiplexing. Constant 
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potential amperometry is a promising method where the electrode is held at a constant potential 

and the oxidization of electro-oxidizable molecules can be measured by current change. It has 

advantages including high spatial and temporal resolution, being label free and providing a real 

time view of species detection. The major limitation is the inability to differentiate between 

different electrooxidizable species, however it could be overcome by coating selective layers on 

the electrodes.20 Field-effect-transistors (FETs) conjugated with aptamers also displays great 

potential in integrated neural activity recordings at high spatiotemporal resolution, and it is not 

limited to electroactive species. 

1.2.3 Further improvements of constant potential amperometry sensors and FET neurotransmitter 

detection  

 To better understand complex behaviors, the need for simultaneous electrochemical 

recording of multiple analytes is evident. In order to detect multiple neurotransmitters while 

retaining high spatial resolution, methods for depositing enzymes selectively on specific 

microelectrode in an array on a microprobe are required. Microcontract printing of protein, which 

entails the transfer of layers of protein in specific patterns to substrates using an elastomeric stamp, 

was developed and reported in previous studies.28 It could be useful to create multianalyte sensing 

microprobes by targeted deposition of each of multiple enzymes onto distinct, selected sites of a 

microelectrode array. However, it is limited by insufficient enzyme transfer and inadequate spatial 

resolution of the deposit. One possible optimization approach is to include specially designed 

polymers in the protein solution that serves as the “ink” in order to increase viscosity while 

maintaining high adhesion to the microelectrode surface, thereby achieving more efficient enzyme 

immobilization and better sensor performance. 
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 Traditionally, in order to achieve simultaneous electrochemical recording of multiple 

neurotransmitters, multiple electrode implants are required for each analyte as well as a counter 

electrode, a reference electrode (RE), and potentially, microinjectors for chemical delivery.29 Such 

an approach requires prolonged surgical implantation procedures and results in significant damage 

to the brain. Moreover, the relative distance between separated chemical delivery devices, sensing 

electrodes, and the RE can be hard to control, hampering experimental reproducibility and 

introducing variability in baseline noise. Therefore, the development of a multifunctional probe 

that integrates these individual components into a single implantable device is highly desirable. 

 Current implantable devices enable electrophysiological recordings simultaneously from 

large numbers of interconnected neurons at millisecond temporal and cellular-scale spatial 

resolution. However, techniques for neurochemical recording have yet to achieve such high 

spatiotemporal resolution due to slow sensor kinetics exacerbated by the need for selectivity 

against the complex background of brain extracellular fluid.20 In order to facilitate the 

understanding of brain function and neural disorders, a neurochemical recording sensor with 

enhanced spatiotemporal resolution as well as optimized sensitivity and response time is in great 

demand.  

Field effect transistors conjugated with aptamer emerged recently as a novel 

neurotransmitter sensing scheme exhibiting great potential. Detection of neurotransmitters such as 

serotonin in physiological environments both in vitro (such as cultured brain tissue) and in vivo 

should be demonstrated for further development of this rising detection scheme. Also, for 

implantable sensors, to improve in vivo monitoring by reducing tissue damage and immunological 

responses, it would be ideal to develop thin and flexible (vs. stiff) sensors on organic substrates 

such as polyimide. 
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Chapter 2: Nucleic Acid Amplification-free Detection of DNA and RNA at 

Ultralow Concentration 

Chapter 2 is a manuscript published with the following citation: 

Cao, Y., Z. Zheng, and H.G. Monbouquette, Nucleic acid amplification-free detection of DNA and 

RNA at ultralow concentration. Current Opinion in Biotechnology, 2021. 71: p. 145-150. 

 

ABSTRACT 

 The broad spectrum of approaches for nucleic acid amplification-free detection of DNA 

and RNA at single-digit attomolar (10-18 M) concentration and lower is reviewed.  These low 

concentrations correspond roughly to the most clinically desirable detection range for pathogen-

specific nucleic acid as well as the detection limits of commercially available, nucleic acid 

amplification tests based primarily on polymerase chain reaction (PCR).  The need for more rapid 

and inexpensive, yet still highly accurate tests, has become evident during the pandemic.  It is 

expected that publication of reports describing improved tests will accelerate soon, and this review 

covers the wide variety of detection methods based on both optical and electrical measurements 

that have been conceived over recent years, enabled generally by the advent of nanotechnology. 

2.1 Introduction 

 The ongoing COVID-19 pandemic and the realization that this public health crisis likely 

will not be the last of its kind has made the need glaringly apparent for rapid, convenient, 

inexpensive, sensitive and reliable disease diagnostics. If a diagnostic device is intended for wide- 

spread use, it should accept a conveniently obtained clinical sample and be easy to operate and 

interpret, preferably in a point-of-care (POC) setting. Further, it must be rapid, as it has been 
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observed that a significant portion of the patient population will not wait in a clinic more than 20 

min for a test result [1, 2]. Finally, ideal tests should be inexpensive, especially if tests are to be 

repeated at high frequency for each individual, such as during a pandemic; and if the technology 

is to be made available to developing countries where inefficient dis-ease diagnosis leads to 95% 

of deaths [3]. Currently, nucleic acid amplification tests (NAATs) appear to provide the best 

combination of low detection limit, high sensitivity and high specificity relative to conventional 

binding assays such as immunoassays [4, 5]. 

 However, the most advanced NAATs currently US FDA approved, including those for 

POC clinical use (i.e. CLIA-waived), provide a complete result in 15 min or more, and the typical 

US Medicare/Medicaid program reimbursement rate is ~$40-50/test. Most NAATs rely on 

polymerase chain reaction (PCR) to amplify the copy number of the target, disease-specific nucleic 

acid (NA) in a sample. Although this approach can provide very low LODs in principle, the process 

is inherently complex entailing the need to isolate and purify NA from a sample so as to remove 

polymerase inhibitors; to control temperature cycling during the enzyme-catalyzed amplification 

process; to provide perishable reagents including polymerase, primers and nucleotides; and to 

integrate a means for labeled amplicon detection. Isothermal amplification approaches eliminate 

the need for temperature cycling, but all other requirements remain. As a result, many researchers 

have made an effort to conceive of alternate, amplification-free, NA-based pathogen detection 

schemes that may prove more promising.  

 This review focuses on discussion of published approaches for nucleic acid amplification-

free detection of NA of specific sequence at the single-digit attomolar (~1-9 × 10-18 M) threshold 

or lower.  The 1 aM level corresponds to ~1000 pathogens/mL based on chromosomal NA or ~1 

viable bacterium/10 mL based on ribosomal RNA, since rRNA is present at ~10,000 copies per 
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viable bacterial cell.  To put these numbers in perspective, the commercial, high throughput, 

clinical laboratory-based NAATs available for N. gonorrhoeae in urine have limits of detection 

(LODs) in the ~1-100 CFU/mL range.  The SARS-CoV-2 virus, the causative agent of COVID-

19, is present at as low as 104 virions/mL in throat samples taken from individuals several days 

post initial infection [6]. Since some NAATs have practical LODs for SARS-CoV-2 of ≥104 

copies/mL, this data may explain a significant portion of reported false negatives [7-10].  These 

data suggest that amplification-free methods should exhibit LODs in the low aM range or below 

to be competitive with NAATs and to be broadly useful for disease diagnosis.  Recently, 

microRNAs have emerged as important disease markers and concentrations of these species in 

blood plasma also are very low (<pM) [11].  Clearly, the technical challenges are great. 

2.2 Optical methods 

 A common theme throughout this review is the use of nanoparticles as key components of 

transduction mechanisms to convert a selective hybridization event into a detectable signal. This 

generalization applies well to those schemes based on optical detection methods with the exception 

of the approach described by Ho et al., which is one of the earliest reports of selective NA detection 

at the single-digit attomolar level or lower [12], and is based on Förster resonance energy transfer 

(FRET) from a cationic polythiophene to a fluorophore (Alexa Fluor 546). This approach provided 

the lowest limit of detection (LOD) among those discussed in this review at 3 zM (3 × 10-21 M) in 

as little as 5 min. More recently, the technique has been adapted to the micro-array format for 

multiplex detection [13]. At around the same time as this work described above, the Mirkin 

laboratory demonstrated the now well-known bio-bar- code-based DNA detection method utilizing 

oligonucleotide probe-modified gold nanoparticles (AuNPs), probe-functionalized magnetic beads 
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(MBs), and silver development for scanometric readout [14, 15, 16]. Also in an early study, Liu et 

al. appear to be the first to demonstrate the use of quantum dot (QD) fluorescence and magnetic 

beads (MBs) to achieve single-digit attomolar or lower detection of NAs [17]. More recently, two 

other groups have pursued a similar successful strategy [18, 19]. Although promising, the need for 

testing with clinical samples is a common issue among both the early work on optical technologies 

for amplification-free NA detection mentioned above and the more recent studies discussed below.  

2.2.1 Surface enhanced Raman spectroscopy (SERS) and surface plasmon resonance (SPR) 

 Others have pursued alternative optical techniques using AuNPs as signal enhancers 

enabling application of SERS and SPR for NA detection [20, 21, 22]. Most recently, Liyanage et 

al. designed a scheme for label-free detection of tumor suppressor microRNAs at as low as 137 

zM based on alteration of localized surface plasmon resonance when target microRNA binds to 

oligonucleotide probes on triangular AuNPs (AuTNPs) (Figure 2.1) [22]. Single base-pair 

mismatches also were shown to be discernable, and quantification of tumor suppressor microRNAs 

was demonstrated in diluted plasma samples. However, the reliance on spectroscopy 

instrumentation likely will limit such approaches to the clinical laboratory rather than POC use. 

2.2.2 Darkfield microscopy 

 In yet another nanotechnology-based detection scheme described in this case by Li et al., 

target DNA is sandwiched between MBs conjugated with an oligonucleotide capture probe and 

gold nanorods (AuNRs) conjugated with a second capture probe complementary to a separate site 

on the target DNA [23].  The sandwich structures are isolated from unbound AuNRs in a magnetic 

field and the assemblies subsequently are dehybridized at 60 °C.  The recovered AuNRs, each 

corresponding to a single DNA target, are electrostatically bound to a positively charged glass 
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surface modified with (3-aminopropyl)triethoxysilane.  The deposited AuNRs, evident as red spots, 

are counted using darkfield microscopy and image recognition software.  The technique was 

shown to be quantitative and the LOD for 63mer single-stranded DNA corresponding to the human 

papillomavirus (HPV) is 6.5 aM.  However, lengthy hybridization steps and use of a laboratory 

microscope will need to be overcome, assuming detection using complex clinical samples is 

demonstrated successfully.  Recent demonstrations of smartphone use for optical diagnostic 

applications may be helpful [24]. 

 

Figure 2.1. Detection of microRNA by surface plasmon resonance using triangular Au 
nanoparticles (see text) [22] 
 

2.3 Electrochemical/Electronic methods 

 Electrochemical or electronic approaches for detection of NAs of specific sequence at 

ultralow concentration generally have been developed later than optical schemes and all within 

about the last 10 years, yet there is somewhat greater diversity of such technologies. Mass 

spectrometry (MS) clearly falls within this general category, although it may not be thought of 
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widely as a potentially inexpensive medical diagnostic technique. Advances in miniaturization 

suggest that perception may change [25, 26]. The work of Yang et al. serves to demonstrate one 

MS-based technique, based on a novel ‘biomasscode’ probe [27]. In yet another entirely different 

analytical approach demonstrating the diversity of electrochemical methods, a 1.6 aM DNA LOD 

was achieved using a piezoelectric plate sensor [28]. A response is evident in less than 10 min., 

however it is unclear how well the sensor will work with target in complex sample media. More 

recent reports of electrochemical or electronic methods are discussed below. 

2.3.1 Constant potential amperometry 

 Perhaps the simplest electroanalytical technique is constant potential amperometry (CPA) 

where current is measured at a fixed potential. Spain et al. developed a CPA method with an 

estimated LOD of ~1 aM for detection of Staphylococcus aureus DNA based on usage of novel 

platinum nanoparticles (PtNPs) that have a portion of their surface area modified with an 

oligonucleotide capture probe and the remainder available for electrocatalyzed reduction of H2O2 

for signal amplification (Figure 2.2) [29]. More recently an alternative, cata-lytic means to amplify 

a recognition event and to trans- duce it using CPA was demonstrated by Li et al. [30] using dual-

thiolated, double-stranded hairpin DNA as capture probe immobilized on a gold electrode surface. 

Target recognition is amplified and transduced using streptavidin-labeled horseradish peroxidase 

(SA-HRP), and the LOD was estimated at 3 aM. This is a versatile approach that could be made 

more attractive if the relatively long assay time could be reduced significantly from ~1 hour. 

2.3.2 Voltammetry 

 As a general class, voltametric techniques have been the most popular of electrochemical 

methods for detection of DNA and RNA at ultralow concentration. Of these volta- metric 
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approaches, cyclic voltammetry (CV) is the most widely known and among the most 

straightforward. In CV, potential at a working electrode is ramped linearly between reducing and 

oxidizing limits in a sawtooth wave, and the current is measured and plotted versus potential. For 

example, Kim et al. constructed a microfluidic-channel- based, electrochemical DNA biosensor 

that relies on CV as the detection method [31]. Square wave voltammetry (SWV) is a similar 

technique to CV in that potential is swept between potential limits while current is monitored. 

However, the potential is not swept linearly as in CV, rather the potential waveform may be 

regarded as a square wave superimposed onto an underlying staircase change in potential. Hu et 

al. employed electrochemically controlled reversible addition-fragmentation chain-transfer 

(eRAFT) polymerization to attach numerous electroactive ferrocenyl (Fc) tags that serve to 

amplify DNA capture events [32]. This is a promising quantitative method with a reported LOD 

of 4.1 aM that shows single-base selectivity. In differential pulse voltammetry (DPV), voltage 

pulses are superimposed on the background potential swept linearly or in stairstep mode. At least 

four publications have appeared describing the use of DPV to detect NAs at ultralow concentration 

[33–36]. In the most recent work, Widaningrum et al. constructed an electrochemical sensing 

strategy based on use of bio-barcode latex labels and detection of deposited Ag metal using DPV 

[34]. The technique is quantitative and an LOD of 560 zM was reported. EIS might be considered 

yet another related voltametric technique where a sinusoidal (AC) potential of varied frequency is 

imposed at the working electrode and the resulting current signal is monitored [37, 38, 39]. 

However, EIS is a relatively sophisticated technique with lengthy assay times (as with other 

voltammetric methods) that also could benefit from more testing with clinical samples.   
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Figure 2.2. DNA detection by constant potential amperometry using Pt-labeled signal 
oligonucleotides and Pt-catalyzed, H2O2 electroreduction (see text) [29]. 
  

2.3.3 Field effect transistors (FETs) 

 The use of field effect transistors (FETs) as sensors constitutes an entirely different 

approach to electrochemical NA detection [40, 41]. A FET is a type of transistor where the electric 

field at a ‘gate’ controls the flow of current between ‘source’ and ‘drain’ electrodes. When 

configured as a sensor, the binding of an analyte at the gate results in a change in potential that 

gives rise to a measurable shift in the flow of current between the source and drain. Ramnani et al. 

demonstrated label-free and rapid detection of microRNA based on a carbon nanotube field-effect 

transistor (FET) functionalized with the Car-nation Italian ringspot virus (CIRV) p19 protein 

(Figure 2.3) [4]. The LOD was estimated at ~1 aM against a large background of nontarget RNA 

and quantitative detection in the range of 1 aM to 10 fM also was demonstrated. Although the total 

assay time is over 2 hours, this method is attractive for challenging, quantitative microRNA 

detection.  
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Figure 2.3. MicroRNA detection using carbon nanotube field effect transistors functionalized with 
the Carnation Italian ringspot virus p19 protein (see text)[41]. 

 

2.3.4 Nanopore sensors 

 Most nanopore-based NA sensing systems are based on a resistive-pulse sensing 

mechanism following on the work of Coulter [42], where the conductance of an electrolyte- filled 

pore or channel is monitored as analyte species traverse it. Rahman et al. pursued this general 

strategy while also taking advantage of optical trapping to enhance counting of target DNA species 

using nanopores [43]. The LOD was estimated at ~1 aM, and the DNA counting process is 

accomplished in just a few minutes, which is remarkable. However, the technique requires 

electronics capable of resolving millisecond-timescale, nA deflections in current. Rather than 

measure small, short-lived deflections in current as target species traverse a small diameter 

nanopore, the detection technique described by Koo et al. entails simple conductometric detection 

of much-larger-pore blockage events [44]. Uncharged PNA capture probes are conjugated to ~800-

nm-diameter polystyrene beads that are designed to be very nearly charge neutral overall such that 

they do not exhibit electrophoretic movement in the presence of an electric field. However, the 

substantial negative charge acquired upon capture of a target NA sequence makes the hybridized 

conjugate mobile. Electrophoresis of the bead-PNA conjugate with hybridized target NA to the 
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mouth of a smaller diameter glass pore causes a significant decrease in pore conductance, thereby 

resulting in a strong, sustained drop in measured ionic current. E. coli rRNA was detected at 1 aM 

against a large background of Pseudomonas putida RNA. With a substantial decrease in overall 

assay time, this simple, potentially inexpensive, label-free technique may hold promise. 

2.4 Conclusion and outlook 

 Commercially available nucleic acid (NA) amplification tests (NAATs) serve as the 

standard for both point-of-care (POC) and clinical laboratory-based disease diagnostics, yet the 

current assay time of ~15 min or more for the POC technology and the cost of these assays makes 

them nonideal. Mostly within the past 10 years, there has been a steady stream of reports describing 

NA amplification- free methods applicable to detection of pathogen-specific DNA or RNA at the 

most clinically desirable LODs of single-digit attomolar or lower. Such approaches hold promise 

for the development of faster, less expensive diagnostic systems. Without question, the emergence 

of nanotechnology has enabled conception of nearly all of the novel approaches with ultralow 

LODs published. However, very few of the methods described in this review have been tested 

sufficiently with clinical, or even mock clinical samples, that typically contain many species 

capable of interfering with an assay; and even fewer of the detection technologies have been 

integrated into complete diagnostic devices for which an overall assay time can be established. 

Lengthy reported hybridization times alone for many of these amplification-free schemes exceed 

the overall assay time for commercial POC NAATs, but there are published means to reduce 

hybridization steps to just a few minutes [45]. It should be expected that methods reliant on the 

fewest reagents and selective binding events as well as the simplest electrical or optical 

measurements such as constant potential amperometry, conductimetry, light scattering, and 
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fluorescence might have the greatest potential for eventual commercial success. Also, a number of 

developments have emerged in the recent literature that may eventually lead to additional schemes 

for ultralow, amplification-free NA detection including CRISPR technology [46, 47]. Based on 

the available evidence, it appears likely that during the next several years some new and exciting 

NA-based disease diagnostic technology will emerge commercially. 
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Chapter 3: An Amplification-free, 16S rRNA Test for Neisseria gonorrhoeae in 

Urine 

Chapter 3 is a manuscript published with the following citation: 

Zheng, Z., Cao, Y., Chandrasekaran, S., Schmidt, J. J., Garner, O. B., & Monbouquette, H. G. 
(2023). An amplification-free, 16S rRNA test for Neisseria gonorrhoeae in urine. Sensors & 
Diagnostics. 
 

ABSTRACT 

 An amplification-free, nanopore-based nucleic acid detection platform has been 

demonstrated for rapid, 16S rRNA sequence-specific detection of Neisseria gonorrhoeae at 10-

100 CFU/mL in human urine against background bacterial flora at 1000 CFU/mL. Gonorrhea is a 

very common notifiable communicable disease, antibiotic resistant strains have emerged, and the 

rate of reported gonococcal infections continues to increase. Since rapid clinical identification of 

bacterial pathogens in clinical samples is needed to guide proper antibiotic treatment and to control 

disease spread, it is important to engineer rapid, sensitive, selective, and inexpensive point-of-care 

(POC) diagnostic devices for pathogens such as N. gonorrhoeae. Our detector technology is based 

on straightforward conductometric detection of sustained blockage of a glass nanopore. Charge 

neutral, complementary peptide nucleic acid probes are conjugated to polystyrene beads to capture 

N. gonorrhoeae 16S rRNA selectively. In the presence of an electric field applied externally 

through a glass nanopore, the PNA-microbead conjugates that acquire substantial negative charge 

upon target hybridization are driven to the smaller diameter nanopore. At least partial blockage of 

the nanopore results in a sustained drop in ionic current that can be measured easily with simple 

electronics. The ability to detect N. gonorrhoeae over the range of 10 to 100 CFU/mL spiked in 

human urine was demonstrated successfully with estimated sensitivity and specificity of ~98% and 
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~100%, respectively. No false positives were observed for the control group of representative 

background flora (E. coli, K. pneumoniae, and E. faecalis) at 1000 CFU/mL. Also, N. gonorrhoeae 

at 50 CFU/mL was successfully detected against 1000 CFU/mL of background flora in urine. 

These results suggest that this amplification-free technology may serve as the basis for rapid, 

inexpensive, low-power detection of pathogens in clinical samples at the POC. 

3.1 Introduction 

 Gonorrhea is the second most common notifiable sexually transmitted infection in the US, 

and its prevalence has been increasing.1 A total of 677,769 cases of gonorrhea were reported to the 

US Centers for Disease Control and Prevention (CDC) in 2020 out of an estimated 1.6M new 

infections that occur each year in the US.1, 2 Since the historic low in 2009, reports of gonorrhea 

infection have increased 111%.1 Alarmingly, strains of the gram-negative bacterium responsible 

for gonorrhea infections, Neisseria gonorrhoeae, have developed antibiotic resistance; and about 

half of all gonorrhea infections reported in 2020 were caused by an antibiotic resistant strain.1 Only 

one recommended treatment remains: the cephalosporin, ceftriaxone.2 Unfortunately, the infection 

often is asymptomatic in women, and if untreated, pelvic inflammatory disease leading to ectopic 

pregnancies and infertility can result.3 Currently, the CDC recommends that all sexually active 

women under age 25, as well as sexually active gay or bisexual men, be tested each year.3 In order 

to guide proper usage of antibiotics, to perform timely treatment, and to curtail disease spread, 

rapid, inexpensive point-of-care (POC) diagnostic tests are needed urgently. 

 The historical method for N. gonorrhoeae detection in a clinical sample has long entailed 

culturing; however, at least a day is required for results that must be generated by skilled 

technicians.4 Microscopic examination of urethral smears also can be used to provide evidence of 
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infection, but the reliability of this diagnostic approach depends strongly on the quality of the 

specimen and the experience of the microscopist.4 Currently, nucleic acid amplification tests 

(NAATs) are the preferred methods for gonorrhea diagnostic detection due to sensitivities >90% 

and very high specificities of ~99%.5 However, most NAATs are conducted in the clinical 

laboratory where the turnaround time also is a day or longer, and these complex systems must be 

operated by trained personnel. POC NAATs have emerged on the market recently (i.e., Binx io, 

Visby Medical Sexual Health Test),6, 7 but an external power source is required for these 

complex devices that entail nucleic acid (NA) isolation to high purity for removal of polymerase 

inhibitors; tight control of complex reaction steps involving expensive, perishable reagents (e.g., 

primers, polymerase, and nucleotides); optical or electrochemical means to detect amplicons; and 

assay times of ~15-30 minutes. An ideal NA-based POC diagnostic system would exhibit an 

assay time of ~5 minutes, would be battery powered and completely portable, would be 

inexpensive (~$20/test), and would provide competitive sensitivity and specificity of ≥95%.8, 9 

 The need for more optimal POC diagnostic tests has provided impetus for a number of 

studies focused on simpler, yet powerful, amplification-free, NA-based detection approaches. 

The “gold standard” limits of detection (LODs) of commercial clinical laboratory-based NAATs 

available for N. gonorrhoeae in urine in the ~1–100 CFU/mL range are reflective of clinical need 

and correspond to NA LODs at the single-digit aM (10-18 M) level.10 Over the past 10 years or 

so, many reports, including ours, have appeared describing NA amplification-free systems 

exhibiting these very low LODs for NAs of specific sequence.10, 11 
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Figure 3.1. Glass chip detector assembly. (a) The 1 cm × 1 cm glass chip with ~1 μm-thick 
membrane and nanopore in the center. (b) Micrograph of the ~1 μm-thick membrane at the chip 
center. (c) Micrograph of the ~500 nm nanopore at the center of the glass membrane. (d) The glass 
chip sandwiched between PDMS seals and Teflon chambers (6 mm × 6 mm × 8 mm). The 
assembly was secured with four bolts (not shown). Figure 3.1(a)-(c) reproduced from Ref. 11 with 
permission from the Royal Society of Chemistry. 
 

 Our system utilized here relies on the use of peptide nucleic acid (PNA) capture probes.12 

PNA is an uncharged polyamide analog to DNA/RNA that we bind covalently to 

carboxylfunctionalized microbeads to form nearly charge neutral bead-probe conjugates. When 

the neutral PNA-microbead hybridizes target NA, it gains substantial negative charge thereby 

making it mobile in an electric field. If the negatively charged PNA-microbeads with hybridized 

target NA are directed to a glass nanopore of lesser diameter, they will at least partially block it, 

resulting in a sustained, easily measured drop in ionic current. In previous work, our group has 

successfully demonstrated the detection of E. coli rRNA at a concentration of 1 aM against a 106-

fold background of P. putida RNA and E. coli at 10 CFU/mL against a 106-fold background of 

viable P. putida.11 However, few NA amplification-free detection schemes, including ours, had 

been tested with clinical, or even mock clinical, specimens.10 
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3.2 Experimental 

3.2.1 Materials 

 Carboxyl-functionalized, 820 nm-dia. polystyrene microspheres and Vivaspin® 2 mL 

ultrafiltration devices were purchased from Bangs Laboratories, Inc. (Fishers, IN). 1-Ethyl-3-(3- 

dimethylaminopropyl)carbodiimide hydrochloride (EDC) was obtained from ThermoFisher 

Scientific (Waltham, MA). 2-(NMorpholino) ethanesulfonic acid (MES), methoxypolyethylene 

glycol amine (mPEG-amine) and ethanolamine were purchased from Sigma-Aldrich (St. Louis, 

MO). Peptide nucleic acid (PNA) probes were synthesized by PNA Bio (Thousand Oaks, CA) and 

arrived as >95% HPLC-purified, lyophilized powders. E. coli (ATCC 25922), P. putida (ATCC 

12633), spy broth and nutrient broth were purchased from American Type Culture Collection 

(Manassas, VA). Direct-zol RNA Miniprep kits and TRI Reagent were purchased from Zymo 

Research (Irvine, CA). Two mm-diameter, 4 mm-long Ag/AgCl pellet electrodes were purchased 

from A-M systems, Inc. (Carlsborg, WA). GE Healthcare Life Sciences Anotop 25 syringe filters 

(25 mmdiameter, 0.02 μm pore) were supplied by Genesee Scientific (San Diego, CA). 

3.2.2 Methods 

 Detector assembly. Glass chips (1 cm × 1 cm) were micromachined from 4-in. borosilicate 

glass wafers (Plan Optik, Elsoff, Germany) as described earlier.11 A ~0.25 mm2, 1 μm-thick 

membrane was etched in the center of the chip and a ~500 nm nanopore was milled in the center 

of the membrane with a focused ion beam (FEI Nova 600 Nanolab DualBeam SEM/FIB). These 

glass chips were sandwiched between two, custom-machined Teflon chambers (each measuring 6 

mm × 6 mm × 8 mm, 216 μL) with cast polydimethylsiloxane (PDMS) seals (Figure 3.1). A 4 

mm-diameter hole drilled through the chamber walls facing the glass chip permitted buffer access 
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on either side of the chip. A Ag/AgCl pellet electrode was placed in each, buffer-filled chamber, 

and voltage was controlled and current monitored using a Versatile Multichannel Potentiostat 

(model VMP3) equipped with the ‘p’ low current option and N’Stat box driven by EC-LAB 

software (Bio-Logic USA, LLC, Knoxville, TN). This assembly constituted our detection system 

for target N. gonorrhoeae 16S rRNA hybridized to PNA probe conjugated to microspheres (see 

below). 

 Coupling PNA probe to microspheres. The complementary PNA probe sequence with 

PEG linker for detecting N. gonorrhoeae 16S rRNA consisted of NH2-

(CH2CH2OCH2CH2OCH2CO)6-TTG CCA ATA TCG GCG GCC.13 In order to prepare 

microspheres to be conjugated with PNA, one μL of 820 nm-diameter carboxylic group-

functionalized polystyrene microspheres, at a concentration of ~3.25 × 1011/mL, was suspended 

and washed three times in 100 mM MES buffer (pH 4.5). For each wash step, after centrifugation 

at 14,000 rpm for 15 minutes, the sedimented pellet microspheres were resuspended in fresh MES 

buffer. After the third wash, the microbeads were resuspended in 600 μL of MES buffer, and EDC 

(200 mM final concentration) was added to the suspension to serve as a crosslinker between the 

carboxyl groups on the polystyrene microbeads and the terminal primary amine groups appended 

on the PNA probes. This preparation was incubated for 15 minutes at 50 °C. Immediately afterward, 

1.14 nmol of the PNA target probe was added followed by incubation for an additional two hours 

at 50 °C. Next, mPEG-amine was added to a final concentration of 100 mM followed by incubation 

for another hour at 50 °C. This latter conjugation step was added to inhibit microbead aggregation. 

Finally, ethanolamine was added to a final concentration of 138 mM and incubated for yet another 

hour at 50 °C. Ethanolamine was added to fully cap any remaining carboxyl groups, thereby 

ensuring that the PNA-conjugated microbeads were nearly charge neutral. After completion of 
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microbead surface modification, the beads were washed three times with 0.4 × SSC buffer (60 mM 

NaCl, 6 mM trisodium citrate, and 0.1% Triton X-100, pH 8). Each wash was conducted for 15 

minutes at 14,000 rpm in microfuge tubes. One fourth of the final product was set aside for zeta 

potential measurements, while the rest of the PNA-beads were stored in hybridization buffer at 

room temperature (10 mM NaCl, 25 mM Tris-HCl, pH 7). The zeta potential was measured for 

modified microbeads suspended in the testing buffer (10 mM KCl, 5.5 mM HEPES, 0.01% Tween-

80, pH 7) using a Malvern Zetasizer Nano ZS (Malvern Instruments Ltd, Worcestershire, England). 

A zeta potential in the negative single-digit mV range was taken as evidence of successful 

microbead surface modification. 

 RNA extraction. N. gonorrhoeae (ATCC 43069) frozen stock was subcultured onto 

chocolate agar. Agar plates were incubated at 35 °C with 5% CO2 for 16-18 hrs. The bacterium 

was cultured in ATCC 814 medium to a McFarland standard 0.5 corresponding to ~1.5 × 108 

CFU/mL. The culture then was serially diluted in 0.85% saline to achieve the desired 

concentrations for spiking into sterilized pooled human urine (BioIVT, Westbury, NY). The 

background bacterial flora including E. coli, K. pneumoniae, and E. faecalis served as negative 

controls. The protocols for use of the Direct-zol RNA Miniprep kit and TRI Reagent (Zymo 

Research, Irvine, CA) were followed for total RNA extraction and purification. Each extraction 

began with 1 mL of human urine previously spiked with 10-100 CFU/mL of N. gonorrhoeae, 1000 

CFU/mL of background flora, or 10-100 CFU/mL of N. gonorrhoeae and 1000 CFU/mL of 

background flora. Extracted total RNA was eluted into 100 μL of RNase-free purified water and 

used within ~1-2 hours. 

Hybridization of RNA to PNA-bead conjugates. Hybridization was accomplished in Vivaspin® 2 

mL ultrafiltration devices with 0.02-μm-diameter membranes. Bead-PNA conjugates in 600 μL 
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hybridization buffer (see above) were transferred to Vivaspin® devices and spun at 1000 rpm for 

5 minutes to form a compact bed of the conjugates on the membrane surface. Subsequently, 

extracted RNA from N. gonorrhoeae spiked in human urine was added to the loaded Vivaspin® 

device and spun at 1000 rpm for 5 minutes to facilitate intimate contact and hybridization of target 

16S rRNA with the previously deposited bead-PNA conjugates. Finally, after two rounds of 

washes with hybridization buffer in the Vivaspin®, hybridized beads were collected in 

hybridization buffer by reverse spinning the loaded Vivaspin® devices. 

 Sample detection. Prior to the injection of a sample, the initial current in the absence of 

beads and sample was measured to verify the integrity of the glass chips. Depending on the exact 

nanopore size, clean glass chips had typical initial currents of 35 nA to 100 nA. After undergoing 

the hybridization procedure, bead-PNA conjugates potentially bound with target N. gonorrhoeae 

16S rRNA were injected into the detector chamber contacting the smooth backside (opposite the 

etched well) of the glass chip. After bead sample addition, a potential of 1.5 V was imposed, and 

the current was monitored for a sustained, ionic current drop that would signal detection of target 

16S rRNA. After each detection signal (indicated by sustained ionic current drop of ~50 s) was 

observed, the polarity of the electronic field was reversed to -1.5 V to attempt to unblock the pore. 

After ~1 min of reversed polarity, the field was flipped back to 1.5 V to confirm baseline current 

recovery and detection signal reproducibility. 

3.3 Results and discussion 

 Forty-four samples of N. gonorrhoeae spiked in human urine over the 10-100 CFU/mL 

concentration range (14 at 10 CFU/mL, 10 each at 50 and 100 CFU/mL, and 10 at 50 CFU/mL 

against representative bacterial flora at 1000 CFU/mL) were processed and tested as described 
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above. The bacterial flora control representative of microbes frequently present in human urine 

included E. coli, K. pneumoniae, and E. faecalis. Out of these 44 trials, only one false negative 

was observed at 50 CFU/mL. No positive detection results were recorded for any of 10 samples of 

the background flora alone at a concentration of 1000 CFU/mL in human urine, which served as a 

negative control. Sample data showing easily recognized, reproducible detection events as well as 

the lack of response to the negative control is presented as Figure 3.2, and the complete results are 

summarized in Table 3.1. 

 

 

Figure 3.2. Detector current response to the presence of target N. gonorrhoeae 16S rRNA and the 
lack of response to RNA extracted from background bacterial flora alone. (a) Reproducible, 
sustained current signal step reductions in response to the presence of PNA-beads with hybridized 
target 16S rRNA extracted from N. gonorrhoeae at 10 CFU/mL in human urine. The applied 
voltage for detection events was 1.5 V. After a sustained current signal of ~50 s, the voltage 
polarity was reversed temporarily to -1.5 V to drive bead complexes away from the pore before 
demonstrating signal reversibility by reimposing a potential of 1.5 V. (b) No current signal in 
response to the presence of PNA-beads hybridized with RNA extracted from background bacterial 
flora spiked at 1000 CFU/mL in human urine (negative control). 
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Table 3.1. Summary of N. gonorrhoeae (NG) detection data over a concentration range of 10-100 
CFU/mL in human urine 

Sample Agreement with 
expected result* 

10 CFU NG/mL 14/14 

50 CFU NG/mL 9/10 

100 CFU NG/mL 10/10 

50 CFU NG/mL & 

1000 CFU flora**/mL 

10/10 

1000 CFU flora**/mL 10/10 

Total agreement 53/54 (98.1%) 

*(number of expected test results) / (number of tests) 
**Background bacterial flora: E. coli, K. pneumoniae, and E. faecalis 

  

 The data presented in Table 3.1 provide the basis for preliminary estimates of sensitivity 

and specificity of 98% (95% CI: 88%-100%) and 100% (95% CI: 69%-100%), respectively, for 

detection of N. gonorrhoeae over the range of 10 to 100 CFU/mL when spiked in sterile, pooled 

human urine. Note that the first detection event for true positive cases, indicated by the first 

sustained ionic current drop, occurred from 500 seconds to 1500 seconds. The variation in time to 

signal arises from the random initial distance of beads with hybridized target from the glass chip 

in the detector assembly (Figure 3.1d). Absence of ionic current drop for over 3000 seconds 

constituted negative detection (likely an extreme waiting period based on many test runs), and only 

one false negative was observed at 50 CFU/mL. Since 50 CFU/mL is well above the detection 

limit of our device, we suspect that RNA instability may have played a role since samples were 
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lysed at the off-campus clinical laboratory and subsequently transported on campus for testing. 

Nevertheless, the preliminary sensitivity and specificity data presented here compare very well to 

the currently preferred NAATs, both those that are lab-based and those that are designed for the 

POC.6, 7 

 As an amplification-free test, this technology is considerably less complex than NAATs 

and avoids the need for perishable reagents (i.e., polymerase, primers, nucleotides). The current 

lab-based version of our amplification-free test with the glass nanopore detector requires ~10 

minutes for RNA extraction, ~10 minutes for hybridization, and ~15 minutes for sample detection, 

which makes it competitive in overall assay time with many fully automated NAATs. However, 

the detection chamber in a microfluidic device under development is reduced ~10 × in 

characteristic dimension thereby reducing the transit time of bead-PNA conjugates with hybridized 

target to the glass nanopore detector. In the near future, we anticipate reporting on the time savings 

achieved with our glass chip detectors integrated into a microfluidic system. 

3.4 Conclusions 

 A novel amplification-free rRNA test based on a nanopore glass detector was used 

successfully to assay for N. gonorrhoeae spiked in human urine with high sensitivity (~98%) and 

specificity (~100%). N. gonorrhoeae was detected successfully over the 10-100 CFU/mL range 

and against background bacterial flora at 1000 CFU/mL. These results suggest that this potentially 

rapid and inexpensive technology may one day prove advantageous for POC use. Indeed, with 

further improvement in overall assay time and integration of the glass nanopore detector with 

automated frontend sample processing, this simple, amplification-free detection technology may 
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lead to rapid, inexpensive, low-power and portable POC pathogen detection devices with minimal 

reagent requirements. 
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Chapter 4: Amplification-free Detection of 16S rRNA Using a Glass Chip 

Detector Integrated into the Lateral Flow Assay Format 

ABSTRACT 

 A nucleic acid amplification-free platform integrated into the lateral flow assay (LFA) 

format has been demonstrated for rapid detection of 10 attomolar (aM) Escherichia coli 16S rRNA 

in 5 minutes total assay time. Rapid, inexpensive and user-friendly identification of bacterial 

pathogens in readily available clinical samples are in demand to enable point-of-care (POC) 

diagnosis and immediate administration of appropriate therapies, especially in regions with limited 

laboratory resources. Lateral flow assays (LFA), with metrics including low cost, ease of 

distribution and capillary force-driven sample flow, are ideal for POC usage and high frequency 

diagnostics. In order to address POC requirements better, an NA detection method integrated into 

the LFA format has been developed. The single-use component of the system is composed of a 

glass chip-based nanopore detector integrated with a lateral flow membrane strip, which is 

preloaded with polystyrene microbeads conjugated with peptide nucleic acid (PNA) probe 

complementary to the target pathogen 16S rRNA. A 100 µL lysed and filtered sample deposited 

on the test strip quickly flows along the LFA membrane due to capillary action, and target rRNA 

hybridizes with the complementary PNA probes conjugated to the preloaded microbeads. Driven 

by an externally applied electronic field, the PNA-microbeads with the negative charge added by 

the hybridized rRNA are directed to the smaller nanopore in the integrated glass chip and at least 

partially block it resulting in a sustained drop in ionic current. This easily measured, step change 

in current constitutes the signal indicating the presence of target nucleic acid. With this system, 

the detection of 10 aM E. coli 16S rRNA against 10 fM P. putida 16S rRNA has been successfully 

demonstrated. Finally, our LFA device readily detected E. coli at 10 CFU/mL against a one-
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million-fold background of viable P. putida. With further improvements in sensitivity and 

reliability, this simple, rapid, and inexpensive amplification-free technology may be promising for 

widespread diagnostic usage in defense of public health. 

4.1 Introduction 

 The urgent demand for low cost and sensitive nucleic acid (NA) tests that can meet the 

requirements for point-of-care (POC) usage was once again revealed by the COVID-19 pandemic 

and the public health issues that emerged during this global healthcare crisis. Persistent efforts 

have been made to pursue unique NA sequence identification technologies with rapid and 

comprehensive operating procedures to result in diagnostic devices for extensive utilization. [1] In 

the standard clinical laboratory environment, traditional culturing methods and nucleic acid 

amplification tests (NAATs) are the “gold standard”, high sensitivity diagnostic methods for most 

infectious diseases; but both have turnaround times of a day or more, and proper patient treatment 

is therefore dependent on undependable follow-up visits. [2] Previous observations have indicated 

that a significant portion of patients will not wait in a clinic for more than 20 minutes for a test 

result, and the suggested turnaround time for POC testing should be ≤15 minutes. [3] To date, 

several NAATs have been developed for POC applications. [4] These PCR-dependent POC 

NAATs are highly sensitive and specific compared to traditional POC immunoassays, but the NA 

amplification step requires precise reaction control, expensive reagents such as primers and 

polymerases, and added time and expense. The overall assay time for most POC NAATs is ~30 

minutes which is non-ideal. [5, 6] As a result, numerous efforts have been made to develop 

amplification-free NA detection methods with single-digit attomolar (10-18 M) detection limits to 

be competitive with NAATs. Optical methods are common among these amplification-free 
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methods with utilization of nanoparticles, such as gold nanoparticles, functionalized magnetic 

beads or quantum dot fluorescence, as the key element to transduce a selective hybridization event 

into an optical signal. [7, 8] Yet more evidence needs to be provided with clinical samples. Further, 

the requirement for advanced optical components, for example to analyze the quantum dot 

fluorescence increases complexity and cost. Electrochemical approaches, such as constant 

potential amperometry (CPA), cyclic voltammetry (CV) and field effect transistors (FETs), also 

provide ultralow concentration detection by transducing the hybridization event into an electric 

signal, yet additional labels and/or lengthy assay times are currently required for many of the 

schemes. [9-11] 

 Our group has developed a simple detection platform that does not involve NA 

amplification or additional labels. In our system, we utilize peptide nucleic acid (PNA), an 

uncharged polyamide analog to DNA/RNA, as a probe for sequence-specific detection of the 

unique 16S rRNA of target bacterial pathogens. [12] With PNA covalently bound to carboxyl-

functionalized polystyrene microbeads, nearly charge neutral bead-probe conjugates created. 

When charge neutral PNA-microbeads hybridize target rRNA, substantial negative charge is 

acquired resulting in mobility in an electric field, which directs the PNA-microbead complex to a 

glass nanopore of smaller diameter. The presence of target rRNA is signaled by a sustained drop 

in ionic current generated by partial blockage of the nanopore with the PNA microbead complex 

with hybridized rRNA. In previous work, our group successfully demonstrated the detection of 

16S rRNA of E. coli at a concentration of 100 zM and 50 CFU/mL of N. gonorrhoeae against a 

1000 CFU/mL background of bacterial flora. However, an average one-hour detection time was 

reported from sample to result due to the macroscopic size of the experimental setup and the need 

for an external hybridization step. The lateral flow assay (LFA) format enables an inexpensive, 
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robust and user-friendly strategy with attractive characteristics such as capillary force-driven 

sample flow that avoids usage of complex microfluidic channels with pumps and valves. [13, 14] 

This technology has proven highly favorable and is the basis for the immunoassay-based 

pregnancy test strips. [15-17] In this article, we present a manageable approach for integrating our 

nanopore detector into inexpensive handheld POC devices. With the integration of our nanopore 

detection technology, the historical lack of sensitivity pitfall of the LFA immunoassay systems can 

be remedied with further potential advantages of affordability and simplified operation. The 

hybridization step is integrated by pre-depositing the PNA-beads downstream of the sample 

loading area in the LFA test strip. The glass nanopore-detector is integrated with the dry LFA strip. 

The total assay time, including sample lysis and filtration prior to loading on the LFA test strip is 

within 15 minutes with a limit of detection of 10 aM 16S rRNA. 

4.2 Method and Materials 

4.2.1 Reagents  

 Carboxyl-functionalized, 1 μm-dia. polystyrene microspheres were purchased from Bangs 

Laboratories, Inc. (Fishers, IN).  (1-Ethyl-3-(3-dimethylaminopropyl) carbodiimide hydrochloride) 

(EDC) was obtained from ThermoFisher Scientific (Waltham, MA).  2-(N-

Morpholino)ethanesulfonic acid (MES), methoxypolyethylene glycol amine (mPEG-amine), 

ethanolamine and 0.0025 mm-thick platinum foil were purchased from Sigma-Aldrich (St. Louis, 

MO).  Peptide nucleic acid (PNA) probes were synthesized by PNA Bio (Thousand Oaks, CA) 

and arrived as >95% HPLC-purified, lyophilized powders.  E. coli (ATCC 25922), P. putida 

(ATCC 12633), soy broth and nutrient broth were purchased from American Type Culture 

Collection (Manassas, VA). Direct-zol RNA miniprep kits were purchased from ZYMO Research 
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(Irvine, CA). Ag/AgCl pellet electrodes of 2 mm dia. were purchased from A-M systems, Inc. 

(Carlsborg, WA).  GE Healthcare Life Sciences Anotop 25 syringe filters (25 mm-diameter, 0.02 

μm pore) were supplied by Genesee Scientific (San Diego, CA).  Fusion 5 membrane material and 

backing cards were purchased from Cytiva (Marlborough, MA). 

4.2.2 Coupling PNA probe to microspheres 

 The target PNA probe for detecting E. coli 16S rRNA was NH2-

(CH2CH2OCH2CH2OCH2CO)6- CTC CTT CCC TCA TTT CA. [18] To prepare microspheres to 

be conjugated with PNA, 1 μL of 1 μm-diameter carboxylic group-functionalized polystyrene 

microspheres, at a stock concentration of 1.58 × 1011/mL were suspended and washed three times 

in MES buffer (100 mM 2-(N-morpholino) ethanesulfonic acid, pH 4.5). For each wash step, after 

centrifugation at 14,000 rpm for 15 minutes, the sedimented pellet microspheres were resuspended 

in fresh MES buffer. After the third wash, the beads were resuspended in 600 μL MES buffer, and 

EDC (200mM final concentration) was added to the suspension to serve as a crosslinker between 

the carboxyl groups on the polystyrene microbeads and the terminal primary amine groups on the 

PNA probes. This preparation was incubated at 50 °C for 15 minutes. Next, 1.14 nmol of the PNA 

target probe was added followed by incubation for two hours at 50 °C, which resulted in a surface 

density of PNA probes of 1014/cm2. [12] To inhibit bead aggregation, mPEG-amine was added to 

a final concentration of 100 mM and incubated at 50 °C for one hour. Finally, ethanolamine was 

added to a final concentration of 138 mM and incubated at 50 °C for another hour. Ethanolamine 

was added to fully cap any remaining carboxyl groups, ensuring the PNA conjugated beads are 

near charge neutral. After surface modification of the polystyrene microbeads, the beads were 

washed three times in 0.4 × SSC solution (60 mM NaCl, 6 mM trisodium citrate, and 0.1% Tween-

20, pH 8). Each wash was done at 14,000 rpm for 15 minutes. One fourth of the final product was 
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taken for zeta potential measurement, and the rest of the beads were stored in the hybridization 

buffer at room temperature (10 mM NaCl, 25 mM Tris-HCl, and 0.1% Tween-20, pH 7). The zeta 

potential was measured with microbeads suspended in the hybridization buffer with a Malvern 

Zetasizer Nano ZS (Malvern Instruments Ltd, Worcestershire, England). A zeta potential in the 

negative single-digit mV range was taken as evidence of successful microbead surface 

modification. 

4.2.3 Cell culturing and counting 

 E. coli ATCC 25922 was cultured in tryptic soy broth, and P. putida ATCC 12633 was 

cultured in ATCC nutrient broth. Both lysogeny broth (LB) and nutrient broth were sterilized at 

120 °C for 20 minutes prior to use. To initiate the bacterial culture of E. coli and P. putida, 

lyophilized preparations were mixed into LB broth and nutrient broth, respectively, followed by 

incubation for two days. E. coli was cultured at 37 °C and 250 rpm, and P. putida was cultured at 

room temperature and 250 rpm. Aliquots of both cultures were stored at -80 °C to serve as 

inoculum for future cultures. To prepare a sample for RNA extraction (see below), a small portion 

of frozen E. coli and P. putida were taken and mixed into 3 mL of LB broth and nutrient broth, 

respectively. Both E. coli and P. putida were incubated overnight under the same conditions 

described above. Cultured bacterial cells were then serially diluted, plated and incubated overnight 

for colony counting. 

4.2.4 RNA extraction   

 For the experiments to determine the limit of detection (LOD), total RNA from both E. coli 

and P. putida cultures were extracted separately. Prior to the extraction, 1 mL of bacterial culture 

was pelleted out by centrifugation. Next, 1 mL of TRI Reagent was added followed by an 
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incubation of 5 minutes. Cell lysate including TRI reagent was transferred into a Zymo-Spin™ 

IIICG Column for purification, and the final RNA product was eluted into 100 μL of RNase-free 

purified water and used within ~1-2 hours. The concentration of the total extracted RNA was 

measured using a Thermo Scientific Nanodrop 2000. An A260/A280 ratio above 1.8 suggested 

highly purified RNA. According to previous measurements, approximately 18.2% of the total 

RNA is 16S rRNA for E. coli and 25.7% of the total RNA is 16S rRNA for P. putida. [19] The 

estimated concentration varied from ~50 nM to ~200 nM for both cultures in different trials. To 

verify the detection of viable cells, 10 CFU/mL of E. coli was mixed with 106 CFU/mL of P. putida 

prior to the total RNA extraction. Next, 1 mL of the bacterial mixture was collected into 3 mL of 

TRI reagent followed by the same procedure described above. The concentration of viable cells 

was determined by serial dilution and colony counts on agar plates. 

4.2.5 Lateral flow assay system assembly and sample detection 

 Glass chips (shown in Figure 4.1) were previously microfabricated from 4-in. borosilicate 

glass wafers. After a ~0.25 mm2 1 µm-thick membrane was etched in the center of the chip with 

hydrofluoric acid, a ~500 nm pore was then bored in the center of the membrane with a focused 

ion beam (FEI Nova 600 Nanolab DualBeam SEM/FIB). [12] The LFA detection system is 

illustrated in Figure 4.2. First, a platinum foil electrode soldered with silicon wire was placed in 

the center of the backing card, and two pieces of Fusion 5 membrane (15 mm in length, 3 mm in 

width, and 0.37 mm in thickness) were placed on either side of the platinum electrode, leaving a 

gap of ~1 mm between them. Two PDMS strips of about the same thickness as the Fusion 5 

membrane were aligned parallel with the membrane on the backing card to prevent leakage. Since 

the Fusion 5 membrane has a large pore size such that PNA-beads can move through it, PNA-

beads were preloaded on the Fusion 5 membrane just upstream of the gap. [20] One thinner PDMS 
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O-ring (~100 μm in thickness) was attached to the smooth backside (opposite to the etched well) 

of the glass chip to protect the nanopore, and another thicker PDMS O-ring (~500 μm in thickness) 

was attached to the other side of the glass chip to serve as a reservoir for the top electrode. The 

glass chip with the smooth backside face down was then placed on top of the membrane assembly 

with the nanopore positioned directly above the gap. One Ag/AgCl pellet electrode was placed in 

the PDMS reservoir on the top side of the chip in a droplet of hybridization buffer (10 mM NaCl, 

25 mM Tris-HCl, pH 7). Both electrodes were connected to a multichannel potentiostat. After 

setting up the LFA system, we first deposited 10 μL of extracted RNA sample near the previously 

deposited PNA beads and allowed the hybridization to occur. After 3 minutes of hybridization, 

100 μL of extracted RNA sample was injected at the origin of upstream Fusion 5 membrane. As 

the RNA sample flowed over the PNA-beads by capillary action, the hybridized PNA beads were 

swept slowly into the gap below the glass chip and therefore entered the nanopore proximity. A 

voltage of 1.5 V was applied across the nanopore, and the current over time was recorded. 

Immediately after the first detection signal (indicated by ≥10 seconds of sustained ionic current 

drop) was observed, the polarity of the electronic field was reversed to -1.5 V to attempt to unblock 

the pore. After ~20 seconds of reversed polarity, the field was flipped back to 1.5 V to confirm 

baseline current recovery and detection signal reproducibility. 
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Figure 4.1. a) A microfabricated 1 cm × 1 cm glass chip. b)  SEM image of ~0.25 mm2, 1 µm-
thick membrane in the center of glass chip created by wet etching. c) SEM image of ~500 nm 
diameter nanopore milled in the center of the etched membrane using a focused ion beam (FIB).[12] 
 

 

Figure 4.2. Schematic diagram of the lateral flow assay with integrated nanopore detector. Not to 
scale. 
 

4.3 Results and Discussion  

 The experimental results obtained with our LFA format nanopore detector are summarized 

in Tables 4.1-4.2 and Figure 4.3. By hybridizing E. coli PNA-beads with target E. coli 16S rRNA, 

we successfully demonstrated rapid detection with rRNA samples ranging from 10 fM to 10 aM. 

Negative controls were performed by hybridizing E. coli PNA-beads with P. putida RNA, and no 
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false positives were observed during 1000 seconds (>15 mins) of observation. This indicated that 

the limit of detection (LOD) of the LFA detector is ~10 aM. In a more realistic simulation of 

pathogen rRNA detection, we conducted tests with samples generated by mixing E. coli RNA with 

a 1000-fold greater amount of P. putida RNA and compared these results with a control consisting 

of 1000-fold greater amount of P. putida RNA only. The results also confirmed rapid detection at 

10 aM with no false negatives, which indicated that our LFA format nanopore detector can 

selectively detect target RNA against a higher concentration of off-target RNA. 

 Our LFA format nanopore detector also achieved great success in total assay time. By 

preloading and drying the PNA-beads in concentrated form on the lateral flow chip, a compact-

bed structure was formed that enabled better interfacial contact between the PNA-beads and target 

rRNA as the sampled flowed over it.  This arrangement assured better hybridization efficiency and 

avoided the time-consuming external sampling and centrifuging steps. This LFA process provided 

the added benefit of filtering out small, charged dust particles by the porous Fusion 5 LFA 

membrane. However, after the electric field is applied excess ions from the dried buffer in which 

the PNA-beads were suspended accumulate in the proximity of the nanopore and cause an initial 

current drift. In addition to increased hybridization efficiency, the detection time was shortened by 

reducing the travel distance from the PNA-bead deposition area on the LFA membrane to the 

nanopore. The first detection event, indicated by a sustained ionic current drop, occurred in ~100 

seconds in most cases. One additional reversibility check was done by temporarily reversing the 

voltage polarity, which drove the PNA-beads with hybridized target RNA away from the pore. 

The detection signal was subsequently confirmed by resumption of the baseline operating voltage. 

Note that the reversibility check in some cases took a few hundred seconds to complete, and we 

hypothesize that PNA-beads with hybridized target RNA were swept into the downstream Fusion 
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5 membrane by the ongoing sample flow after reversing the voltage polarity, which inhibited 

movement of the hybridized PNA-beads conjugates back to proximity with the nanopore. This 

issue could be addressed by possibly decreasing the pore size of the downstream membrane, 

decreasing the reversed voltage time period and/or increasing the voltage. Including the three 

minutes of hybridization time, the total assay time for our LFA format detector is anywhere from 

5 to 15 minutes, which is remarkable for this easily assembled POC prototype that does not rely 

on NA amplification. 

Similar to previous work, transient drops in ionic current were observed in some tests, and 

we hypothesized this is due to the approach of PNA-beads with nonspecifically bound, negatively 

charged species to the nanopore where the weakly bound species were removed in the strong 

electric field and the PNA-beads subsequently were swept away by the opposing electroosmotic 

flow. [19, 12, 21, 22] At around neutral pH, silanol groups on the glass surfaces deprotonate giving 

rise to a layer of fixed negative charges. Cationic counterions form a second layer of mobile 

positive charges. The movement of these hydrated cations toward the cathode results in an 

electroosmotic flow that exerts a drag force on beads opposite in direction to the electrophoretic 

force. This active mechanism to avert false positives is a unique aspect of our nanopore detection 

system. 

 To better illustrate the potential clinical applicability of our LFA format detector, tests with 

10 CFU/mL of E. coli against 106 CFU/mL of P. putida were also performed. The concentration 

of 10 CFU/mL was chosen to represent a clinically relevant low concentration and to ensure with 

high probability that at least one viable cell existed for the milliliter of sample processed. The 

results agreed with the tests conducted with extracted RNA. It was notable that our current LOD 

of 10 attomole was 10 times higher than our previous record with the Teflon chambers setup.[12] 
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Based on our observations, a portion of the beads dried on the Fusion 5 membrane were retained 

after flow through of sample. As the sample concentration decreased, less PNA-beads were bound 

to target RNA, and therefore the bead retention issue became a more significant factor affecting 

LOD. Since a viable bacterial cell typically contains ≥10,000 copies of 16S rRNA, 10 attomoles 

of 16S rRNA corresponds to less than 10 CFU/mL. [18, 23] Therefore, successful detection of 10 

aM 16S RNA is still competitive in clinically relevant POC applications. In future work, we 

anticipate resolving the beads retention issue by freeze-drying the PNA-beads in the gap between 

the two Fusion 5 membranes. 

Table 4.1. Summary of results where E. coli PNA-beads were hybridized separately with E. coli 
RNA (target) and P. putida RNA (negative control) 

Target E. coli Control P. putida 

Concentration 
 

Drop/reversibility Concentration 
 

Drop/reversibility 

10 fM 1 Yes/R 10 fM 1 No 
2 Yes/R 2 No** 

3 Yes/R 3 No 

100 aM 1 Yes/R* 
 

2 Yes/R 

3 Yes/R 

10 aM 1 Yes/R* 

2 Yes/R 

3 Yes/R 

Yes/R* Reversibility check took approximately 100 - 300 seconds more than typical. 
No** Transient drop was observed. 
 

Table 4.2. Summary of results where E. coli PNA-beads were hybridized with mixed E. coli and 
P. putida RNA; and where E. coli PNA-beads were hybridized with RNA extracted from mixtures 
of cultures of E. coli and P. putida. 

10 aM E. coli + 10 fM P. putida 10 CFU/mL E. coli + 106 CFU/mL P. putida 
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Drop/reversibility 

 
Drop/reversibility 

1 Yes/R 1 Yes/R 

2 Yes/R 2 Yes/R* 

3  Yes/R* 3 Yes/R 

Yes/R* Reversibility check took approximately 100 - 200 second more than typical. 
 

 

Figure 4.3.  PNA-bead tests with the LFA format nanopore detector: a) Repeated, consistent 
current drops for E. coli PNA-beads hybridized with 10 aM of target E. coli 16S rRNA, b) No 
current drop for E. coli PNA-beads hybridized with 10 fM control P. putida 16S rRNA, c) 
Repeated, consistent current drops for E. coli PNA-beads hybridized with 10 aM of E. coli 16S 
rRNA against 10 fM control P. putida 16S rRNA, and d) Repeated, consistent current drops for E. 
coli PNA-beads hybridized with RNA extracted from a mixture of 10 CFU/mL of E. coli and 106 
CFU/mL of P. putida. 
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4.4 Conclusion 

 A novel nanopore detector was successfully integrated with the LFA format. This LFA 

format nanopore detector was used successfully to detect E. coli 16S rRNA at 10 aM and E. coli 

in culture at 10 CFU/mL. No false positives were observed with 100 fM of P. putida RNA or with 

P. putida cells. This integrated diagnostic testing process was accomplished within 15 mins. These 

results suggest that this rapid and potentially inexpensive technology may one day prove 

advantageous for POC use. Indeed, with further integration of cell lysis and RNA extraction, this 

simple, amplification-free detection technology may lead to inexpensive, rapid POC pathogen 

detection devices with minimal reagent requirements. 

4.5 Reference 

1. Mao, X., et al., Disposable nucleic acid biosensors based on gold nanoparticle probes and 

lateral flow strip. Anal Chem, 2009. 81(4): p. 1660-8. 

2. Cristillo, A.D., et al., Point-of-Care Sexually Transmitted Infection Diagnostics: 2. 

Proceedings of the STAR Sexually Transmitted Infection-Clinical Trial Group Programmatic 

Meeting. Sex Transm Dis, 2017. 44(4): p. 211-218. 

3. Gaydos, C.A., Y.C. Manabe, and J.H. Melendez, A Narrative Review of Where We Are With 

Point-of-Care Sexually Transmitted Infection Testing in the United States. Sexually 

Transmitted Diseases, 2021. 48: p. S71-S77. 

4. Niemz, A., T.M. Ferguson, and D.S. Boyle, Point-of-care nucleic acid testing for infectious 

diseases. Trends Biotechnol, 2011. 29(5): p. 240-50. 



55 
 

5. Atkinson, L.M., et al., 'The waiting game': are current chlamydia and gonorrhoea near-

patient/point-of-care tests acceptable to service users and will they impact on treatment? Int J 

STD AIDS, 2016. 27(8): p. 650-5. 

6. Hsieh, Y.H., et al., Perceptions of an ideal point-of-care test for sexually transmitted infections-

-a qualitative study of focus group discussions with medical providers. PLoS One, 2010. 5(11): 

p. e14144. 

7. Ho, H.A., et al., Direct molecular detection of nucleic acids by fluorescence signal 

amplification. J Am Chem Soc, 2005. 127(36): p. 12673-6. 

8. Nam, J.M., S.I. Stoeva, and C.A. Mirkin, Bio-bar-code-based DNA detection with PCR-like 

sensitivity. J Am Chem Soc, 2004. 126(19): p. 5932-3. 

9. Benvidi, A., et al., Simple and label-free electrochemical impedance Amelogenin gene 

hybridization biosensing based on reduced graphene oxide. Biosensors & Bioelectronics, 2014. 

58: p. 145-152. 

10. Ramnani, P., et al., Electronic Detection of MicroRNA at Attomolar Level with High 

Specificity. Analytical Chemistry, 2013. 85(17): p. 8061-8064. 

11. Cao, Y., Z. Zheng, and H.G. Monbouquette, Nucleic acid amplification-free detection of DNA 

and RNA at ultralow concentration. Curr Opin Biotechnol, 2021. 71: p. 145-150. 

12. Koo, B., et al., Amplification-free, sequence-specific 16S rRNA detection at 1 aM. Lab Chip, 

2018. 18(15): p. 2291-2299. 

13. Henderson, W.A., et al., Simple lateral flow assays for microbial detection in stool. Anal 

Methods, 2018. 10(45): p. 5358-5363. 

14. Tian, T., et al., Integrated paper-based microfluidic devices for point-of-care testing. Analytical 

Methods, 2018. 10(29): p. 3567-3581. 



56 
 

15. Bishop, J.D., et al., Sensitivity enhancement in lateral flow assays: a systems perspective. Lab 

Chip, 2019. 19(15): p. 2486-2499. 

16. Huang, D., et al., Microfluidic Ruler-Readout and CRISPR Cas12a-Responded Hydrogel-

Integrated Paper-Based Analytical Devices (muReaCH-PAD) for Visible Quantitative Point-

of-Care Testing of Invasive Fungi. Anal Chem, 2021. 93(50): p. 16965-16973. 

17. Fridley GE, H.C., Oza SB, Yager P, The evolution of nitrocellulose as a material for bioassays. 

MRS Bulletin, 2013. 38: p. 326–330. 

18. Stender, H., et al., Rapid detection, identification, and enumeration of Escherichia coli cells in 

municipal water by chemiluminescent in situ hybridization. Appl Environ Microbiol, 2001. 

67(1): p. 142-7. 

19. Esfandiari, L., et al., PCR-Independent Detection of Bacterial Species-Specific 16S rRNA at 

10 fM by a Pore-Blockage Sensor. Biosensors (Basel), 2016. 6(3). 

20. Ruiz-Vega G, K.M., Pellitero MA, Baldrich E, del Campo FJ., Electrochemical Lateral Flow 

Devices: Towards Rapid Immunomagnetic Assays. ChemElectroChem, 2017. 4(4): p. 880-889. 

21. Esfandiari, L., et al., Sequence-specific DNA detection at 10 fM by electromechanical signal 

transduction. Anal Chem, 2014. 86(19): p. 9638-43. 

22. Esfandiari, L., H.G. Monbouquette, and J.J. Schmidt, Sequence-specific nucleic acid detection 

from binary pore conductance measurement. J Am Chem Soc, 2012. 134(38): p. 15880-6. 

23. Janda, J.M. and S.L. Abbott, 16S rRNA gene sequencing for bacterial identification in the 

diagnostic laboratory: pluses, perils, and pitfalls. J Clin Microbiol, 2007. 45(9): p. 2761-4. 

 

  



57 
 

Chapter 5: Amplification-free, Sequence-specific 16S rRNA-Based Detection 

of Chlamydia trachomatis in Urine 

ABSTRACT 

 A nucleic acid amplification-free, nanopore based technique has been demonstrated for 

sequence-specific detection of Chlamydia trachomatis at 10-100 CFU/mL in human urine with a 

limit of detection of 1 aM (10-18 M) for C. trachomatis 16S rRNA has been confirmed.  C. 

trachomatis is the most common notifiable sexually communicable disease in the US, and 

infections are often asymptomatic in women. Untimely treatment can result in pelvic inflammatory 

disease leading to ectopic pregnancies and infertility. In order to curb disease spread and defend 

public health against potential healthcare crises, the need for rapid, sensitive and low-cost point-

of-care devices for species-specific bacteria detection such as C. trachomatis is urgent. Our 

nanopore conductometric detection platform is based on sustained blockage of a glass nanopore to 

indicate the presence of target pathogen. Charge neutral, oligonucleotide probe-microbead 

conjugates are formed using peptide nucleic acid (PNA) capture probes complementary to target 

16S rRNA which are conjugated to polystyrene microbeads. The sequence-specific binding of 

target 16S rRNA introduces substantial negative charge to the PNA-bead conjugate, and therefore, 

with externally applied electric field, the conjugates are driven to the glass nanopore of smaller 

diameter. At least partial blockage of the nanopore generates a sustained and readily observable 

step decrease in ionic current. Successful detection of C. trachomatis was demonstrated over the 

range of 10 to 100 CFU/mL spiked in human urine. No false positive signals were observed with 

E. coli control group spiked in human urine at 1000 CFU/mL. The limit of detection was estimated 

to be less than 1 aM C. trachomatis 16S rRNA. These results suggest that this amplification-free 
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platform may serve as the basis for rapid, inexpensive, portable detection of C. trachomatis in 

clinical urine samples at the POC. 

5.1 Introduction 

 As the most common notifiable sexually communicable disease in the US, a total of 

1,579,885 chlamydia cases were reported to the US Centers for Disease Control and Prevention 

(CDC) with a rate of 481.3 cases per 100,000 population.1 Despite the reduction in new chlamydia 

infections in 2020, it is hypothesized that the decrease in infectious rate is mainly due to the 

deduction of screening coverage for patients with symptoms, since the in-person visits to health 

care clinics were reduced during the COVID-19 pandemic. This hypothesis is supported by the 

substantial decrease in the number of reported chlamydia cases since March and April 2020 when 

the initial shelter-in-place orders were placed, and such a shortfall persevered throughout the year. 

Moreover, the infection is commonly asymptomatic in women until complications such as pelvic 

inflammatory disease (PID), ectopic pregnancy, and tubal infertility emerge due to untimely 

treatment.2, 3 The CDC currently recommends that sexually active women under 25 as well as older 

women with certain risk factors be tested every year.4 In contemplation of executing timely 

treatment and to curtail disease spread, especially during the quarantine period caused by potential 

healthcare crisis now and in the future, the need for portable, inexpensive, and reliable diagnostic 

techniques for point-of-care (POC) tests is apparent. 

 Traditional diagnosis for most infectious diseases including chlamydia entails long 

culturing periods and laborious analysis relying on experienced specialists and therefore usually 

results in a turnaround time of more than a day.5 Another class of frontline diagnostics for detecting 

several pathogens and pathophysiological conditions is the POC immunoassay. However, 
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immunoassays often have marginal sensitivities and specificities leading to false positives and 

negatives.6 Considering the combination of low detection limit, high sensitivity and high 

specificity, nucleic acid amplification tests (NAATs) with exhibited ultralow LODs and both 

sensitivity and specificity in the 90-99% range would be more preferable but are less common at 

the POC.7, 8 Polymerase chain reaction (PCR) is the core mechanism for most NAATs to amplify 

the copy number of the target disease-specific nucleic acid (NA) in a sample. Therefore, the 

inherent complexity of NAATs causes it to require demanding NA isolation, precise control of 

temperature cycling, perishable reagents including polymerase, primers and nucleotides. Optical 

components also are used frequently to detect dye-labeled amplicons. Even the most advanced 

NAATs with US FDA approval are no exception and total assay times for these complex devices 

is typically ~30 minutes. NAATs currently are reimbursed by US Medicare/Medicaid programs at 

~$40-50/test.9 Currently, most NA-based tests for Chlamydia trachomatis (CT, chlamydia) are 

conducted in clinical laboratories where the whole process including transporting samples to a lab, 

batching, testing, and returning results typically takes days. 

 Driven by the demand for more optimal POC diagnostic techniques, many efforts have 

been made to develop inexpensive, yet reliable, amplification-free, NA-based pathogen detection 

schemes. In order to be competitive with laboratory based NAATs, the amplification-free schemes 

should exhibit LODs at clinically relevant concentrations in the single digit aM (10-18 M) level and 

be broadly applicable.9 Previously, numerous reports, including ours, have appeared describing 

NA amplification-free systems demonstrating these very low LODs for sequence specific NA-

based detection.10-14 Our potentially low-cost system circumvented the need for additional reagents 

and labels and only involved peptide nucleic acid (PNA) capture probes.15 Uncharged PNA, a 

polyamide analog to DNA/RNA, was bound covalently to carboxyl functionalized microbeads to 
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form nearly charge neutral probe-bead conjugates. Target NA hybridization with the capture PNA 

probe-bead conjugates introduces substantial negative charge to the probe-bead complexes and 

thus enables them to be electrophoretically mobile. If this negatively charged bead complex with 

bound target are driven toward a smaller diameter pore, the beads will at least partially occlude 

the pore, which is signaled by a large, sustained reduction in ionic current. In previous work, such 

a device for electromechanical signal transduction was shown to give a highly selective, binary 

response signaling the presence or absence of the target NA and achieved estimated sensitivity and 

specificity of ~98% and ~100% for detection of Neisseria gonorrhoeae at 10-100 CFU/mL in 

human urine.16 This work further demonstrates the potential broad application to disease diagnosis 

by detecting Chlamydia trachomatis spiked in human urine. 

5.2 Experimental 

5.2.1 Materials 

 Carboxyl-functionalized, 820 nm-dia. polystyrene microspheres and Vivaspin® 2 mL 

ultrafiltration devices were purchased from Bangs Laboratories, Inc. (Fishers, IN). 1-Ethyl-3-(3-

dimethylaminopropyl) carbodiimide hydrochloride (EDC) was obtained from ThermoFisher 

Scientific (Waltham, MA). 2-(NMorpholino) ethanesulfonic acid (MES), methoxypolyethylene 

glycol amine (mPEG-amine) and ethanolamine were purchased from Sigma-Aldrich (St. Louis, 

MO). Peptide nucleic acid (PNA) probes were synthesized by PNA Bio (Thousand Oaks, CA) and 

arrived as >95% HPLC-purified, lyophilized powders. E. coli (ATCC 25922) and tryptic soy broth 

was purchased from American Type Culture Collection (Manassas, VA). Microbiologics™ 

inactivated Chlamydia trachomatis was purchased from Fisher Scientific (Hampton, NH). Direct-

zol RNA Miniprep kits and TRI Reagent were purchased from Zymo Research (Irvine, CA). Two 
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mm-diameter, 4 mm-long Ag/AgCl pellet electrodes were purchased from A-M systems, Inc. 

(Carlsborg, WA). GE Healthcare Life Sciences Anotop 25 syringe filters (25 mmdiameter, 0.02 

μm pore) were supplied by Genesee Scientific (San Diego, CA). 

5.2.2 Methods 

 Detector assembly. Glass chips (1 cm × 1 cm) were micromachined from 4-in. borosilicate 

glass wafers (Plan Optik, Elsoff, Germany) as described in previous work.10 In the center of the 

chip, a ~0.25 mm2, 1 μm-thick membrane was etched and a ~500 nm nanopore was bored in the 

center of the thin membrane with a focused ion beam (FEI Nova 600 Nanolab DualBeam 

SEM/FIB).  

 

 

Figure 5.1.  Glass chip detector assembly.  (a) The 1 cm × 1 cm glass chip with ~1 µm-thick 
membrane and nanopore in the center.  (b) Micrograph of the ~1 µm-thick membrane at the chip 
center.  (c) Micrograph of the ~500 nm nanopore at the center of the glass membrane.  (d) The 
glass chip sandwiched between PDMS seals and Teflon chambers (6 mm × 6 mm × 8 mm).  The 
assembly was secured with four bolts (not shown). 
 

 These glass chips were sandwiched between two cast polydimethylsiloxane (PDMS) O-

rings and custom-machined Teflon chambers (each measuring 6 mm × 6 mm × 8 mm, 216 μL) 

with 4 mm-diameter holes drilled into the side of each chamber creating an opening to the glass 

chip (Figure 6.1). A Ag/AgCl pellet electrode was placed in each, buffer-filled chamber, and 

5 mm 500 nm100 μm

(a) (b) (c)
PDMS seals

Glass chip

(d)
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voltage was controlled and current monitored using a Versatile Multichannel Potentiostat (model 

VMP3) equipped with the ‘p’ low current option and N’Stat box interfaced to a computer running 

EC-LAB software (Bio-Logic USA, LLC, Knoxville, TN) for data collection. This assembly 

constituted our detection system for target C. trachomatis 16S rRNA hybridized to PNA probe 

conjugated to microspheres (see below).  

 Coupling PNA probe to microspheres. The complementary PNA probe sequence with 

PEG linker for detecting C. trachomatis 16S rRNA consisted of NH2-

(CH2CH2OCH2CH2OCH2CO)6- ATA TGT CCT TGC GGA AAA CG.17 In order to prepare PNA-

conjugated microspheres, one μL of 820 nm-diameter carboxylic group-functionalized polystyrene 

microspheres, at a concentration of ~3.25 × 1011/mL, was suspended and washed three times in 

100 mM MES buffer (pH 4.5). For each wash step, after centrifugation at 14,000 rpm for 15 

minutes, the sedimented pellet microspheres were resuspended in fresh MES buffer. After the third 

wash, the microbeads were resuspended in 600 μL of MES buffer, and EDC (200 mM final 

concentration) was added to the suspension to serve as a crosslinker between the carboxyl groups 

on the polystyrene microbeads and the terminal primary amine groups appended on the PNA 

probes. This preparation was incubated for 15 minutes at 50 °C. Immediately afterward, 1.14 nmol 

of the PNA target probe was added followed by incubation for an additional two hours at 50 °C. 

Next, mPEG-amine was added to a final concentration of 100 mM followed by incubation for 

another hour at 50 °C. This latter conjugation step was added to inhibit microbead aggregation. 

Finally, ethanolamine was added to a final concentration of 138 mM and incubated for yet another 

hour at 50 °C. Ethanolamine was added to fully cap any remaining carboxyl groups, thereby 

ensuring that the PNA-conjugated microbeads were nearly charge neutral. After completion of 

microbead surface modification, the beads were washed three times with 0.4 × SSC buffer (60 mM 
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NaCl, 6 mM trisodium citrate, and 0.1% Tween-20, pH 8). Each wash was conducted for 15 

minutes at 14,000 rpm in microfuge tubes. One fourth of the final product was set aside for zeta 

potential measurements, while the rest of the PNA-beads were stored in hybridization buffer at 

room temperature (10 mM NaCl, 25 mM Tris-HCl, pH 7). The zeta potential was measured for 

modified microbeads suspended in the testing buffer (10 mM KCl, 5.5 mM HEPES, 0.01% Tween-

20, pH 7) using a Malvern Zetasizer Nano ZS (Malvern Instruments Ltd, Worcestershire, England). 

A zeta potential in the negative single-digit mV range was taken as evidence of successful 

microbead surface modification.  

 RNA extraction. Microbiologics™ inactivated C. trachomatis was purchased from Fisher 

Scientific (Hampton, NH). One inactivated pellet (~2 × 106 cells) was rehydrated with 1 mL 0.85% 

saline and rehydrated inactivated C. trachomatis then was serially diluted in 0.85% saline to 

achieve the desired concentrations for spiking into sterilized pooled human urine (BioIVT, 

Westbury, NY). After ATCC tryptic soy broth (15 g in 500 mL water) was made and sterilized at 

121 °C for 20 minutes, E. coli ATCC 25922 was cultured by incubating at 37 °C at 250 rpm 

overnight. The cultured E. coli served as a negative control. The protocols for use of the Direct-

zol RNA Miniprep kit and TRI Reagent (Zymo Research, Irvine, CA) were followed for total RNA 

extraction and purification. Each extraction began with 1 mL of human urine previously spiked 

with 10-100 CFU/mL of C. trachomatis, 1000 CFU/mL of E. coli control or 10-100 CFU/mL of 

C. trachomatis and 1000 CFU/mL of E. coli control. Extracted total RNA was eluted into 100 μL 

of RNase-free purified water and used within ~1-2 hours.  

 Hybridization of RNA to PNA-bead conjugates. Hybridization was fulfilled in 

Vivaspin® 2 mL ultrafiltration devices with 0.02- μm-diameter membranes. Bead-PNA conjugates 

in 600 μL hybridization buffer (see above) were transferred to Vivaspin® devices and spun at 2000 
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rpm for 5 minutes to form a compact bed of the conjugates on the membrane surface. Subsequently, 

extracted RNA from C. trachomatis spiked in human urine was added to the loaded Vivaspin® 

device and spun at 1000 rpm for 10 minutes to facilitate intimate contact and hybridization of 

target 16S rRNA with the previously deposited bead-PNA conjugates. Finally, hybridized beads 

were collected in hybridization buffer by reverse spinning the loaded Vivaspin® devices at 2500 

rpm for 3 minutes. 

 Sample detection. Prior to the injection of a sample, the initial current in the absence of 

beads and sample was measured to verify the integrity of the glass chips. Depending on the exact 

nanopore size, clean glass chips had typical initial currents of 35 nA to 100 nA. After undergoing 

the hybridization procedure, bead-PNA conjugates potentially bound with target C. trachomatis 

16S rRNA were injected into the detector chamber contacting the smooth backside (opposite the 

etched well) of the glass chip. After bead sample addition, a potential of 1.5 V was imposed, and 

the current was monitored for a sustained, ionic current drop that would signal detection of target 

16S rRNA. After each detection signal (indicated by sustained ionic current drop of ~50 s) was 

observed, the polarity of the electronic field was reversed to -1.5 V to attempt to unblock the pore. 

After ~1 min of reversed polarity, the field was flipped back to 1.5 V to confirm baseline current 

recovery and detection signal reproducibility. 

5.3 Results and discussion 

 Pore blocking experiments with samples consisting of C. trachomatis spiked in human 

urine over a 10-100 CFU/mL concentration range were processed and conducted as described 

above. The results are summarized in Table 5.1, with the detection limit (LOD) of the system 

investigated by serial dilution of the isolated C. trachomatis NA from 10 CFU/mL C. trachomatis 
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spiked in human urine.  E. coli was chosen as the control group since it is one of the microbes 

frequently present in human urine. 

Table 5.1. Summary of C. trachomatis (CT) detection data over a concentration range of 10-100 
CFU/mL in human urine 

Sample Drop/reversible  
Agree with 
expected result 

100 CFU CT/mL                
Expt.1 Yes/R 
Expt.2 Yes/R 

Yes 
Yes 

50 CFU CT/mL 
Expt.1 Yes/R 
Expt.2 Yes/R 
Expt.3 Yes/N* 

Yes 
Yes 
Yes 
Yes 

10 CFU CT/mL 
Expt.1 Yes/R 
Expt.2 Yes/R 
Expt.3 Yes/N* 

Yes 
Yes 
Yes 

1 attomolar CT NA 

 
Expt.1 Yes/R 
Expt.2 Yes/R 
 

 
Yes 
Yes 

 
50 CFU CT/mL & 
1000 CFU  E. coli  /mL 

Expt.1 Yes/N* 
 

Yes 
 

100 CFU CT/mL & 
1000 CFU E. coli /mL 

 
Expt.1 Yes/R 
 

 
Yes 

1000 CFU  E. coli /mL 

Expt.1 No 
Expt.2 No 
Expt.3 No 
Expt.4 No 
 

Yes 
Yes 
Yes 
Yes 

Total agreement 16/16 (100%) 
 

N: open current did not return to the original level. 
 

 Sample data showing easily recognized, reproducible detection events as well as the lack 

of response to the negative control is presented as Figure 5.2. The applied voltage for detection 

events was 1.5 V. After a sustained current signal of ~30 s, the voltage polarity was reversed 

temporarily to -1.5 V to drive bead complexes away from the pore before demonstrating signal 
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reversibility by reimposing a potential of 1.5 V. After reimposing the potential, sustained current 

signal was reproduced and the process was repeated three times in total which corresponds to the 

three detection signals in Figure 5.2. 

 

 

Figure 5.2. Integrated detector data response to the presence of target C. trachomatis 16S rRNA 
and the lack of response to RNA extracted from E. coli negative control alone. (a) PNA-beads 
hybridized with 16S rRNA extracted from 10 CFU/mL C. trachomatis spiked in human urine. 
Sustained and reproduceable current signal step reductions in response to the presence of target C. 
trachomatis. (b) No current signal in response to the presence of PNA-beads hybridized with RNA 
extracted from E. coli spiked at 1000 CFU/mL in human urine (negative control). 
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 Detection of C. trachomatis spiked in human urine over 10-100 CFU/mL was successfully 

demonstrated with reproduceable results and within 1500s of detection time. The limit of detection 

is estimated to be less than the single-digit attomolar range which is competitive to both the nucleic 

acid amplification tests and other amplification-free detection schemes. Even though a LOD of 1 

aM is not the lowest on record, 1 aM level corresponds to ~1 viable bacterium/10 mL based on 

ribosomal RNA, and therefore, it demonstrates a broad potential for disease diagnosis especially 

with clinical samples.9, 18, 19 Note that the first detection event for true positive cases, indicated by 

the first sustained ionic current drop, occurred from 500 seconds to 1500 seconds. The variation 

in time to signal arises from the random initial distance of beads with hybridized target from the 

glass chip in the detector assembly. Absence of ionic current drop for over 2000 seconds 

constituted negative detection, since based on previous preliminary test runs with C. trachomatis 

PNA-beads with various concentrations of isolated C. trachomatis RNA, no true positive ionic 

current drop occurred after 1500 seconds. No positive detection results were recorded before 2000 

seconds for of the E. coli negative control group alone at a concentration of 1000 CFU/mL in 

human urine. The one false negative result was observed for E. coli negative control group, which 

occurred after 2000 s which is much longer than the standard detection time. The hypothesis for 

this unexpected false positive is because of the accumulation of charged impurities inside the 

chamber either from air or from imperfect cleaning of the chambers potentially leading to false 

positives, especially for the long negative control tests. 

 This study further extends the detection of sexually transmitted pathogens to C. 

trachomatis, and further demonstrates the broad potential of the nanopore detection platform. 

Compared with currently widespread NAATs, this amplification-free test with considerably 

simpler procedure, avoidance of perishable reagents (i.e., polymerase, primers, nucleotides), but 
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robust and characterized by low LODs may hold promise for an inexpensive device for widespread 

POC use. 

5.4 Conclusion 

 Successful demonstration of sequence specific detection of C. trachomatis in human urine 

was achieved with a low LOD of 1 attomolar using a NA amplification-free, label-free, sequence-

specific NA detection scheme. A concentration range of 10-100 CFU/mL of C. trachomatis in 

human urine samples were assayed reproducibly with this novel amplification-free technique 

based on a nanopore glass detector. These results suggest that this potentially inexpensive, yet 

robust, technology may be suitable for broad POC use. The current assay time with all the 

intermediate processing steps such as multiple centrifugations and NA extraction could be further 

optimized by the integration of the glass nanopore detector with automated frontend sample 

processing. With a substantial decrease in overall assay time, there is potential to develop a sensing 

platform for rapid, inexpensive, and sensitive disease diagnostics in a POC setting. 
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Chapter 6: Improved Microcontact Printing of Choline Oxidase using a 

Polycation-Functionalized Zwitterionic Polymer as Enzyme Immobilization 

Matrix 

ABSTRACT 

 Choline oxidase (ChOx) patterning on microelectrode arrays (MEA) and sensor 

performance have been greatly improved through the use of microcontact printing (μCP) combined 

with a polycation-functionalized zwitterionic polymer as enzyme immobilization matrix. μCP has 

emerged as an effective means to enable surface patterning with feature sizes in the millimeter to 

nanometer range, therefore, it could be useful to create multianalyte sensing microprobes by 

targeted deposition of each of multiple enzymes onto distinct, selected sites of a MEA. However, 

to date, the less than sufficient enzyme loading and inadequate spatial resolution achieved with 

current uCP approaches has limited both the sensitivity and the use of the resulting microsensors. 

These challenges are traced to problems with the formulation of the enzyme-containing aqueous 

solution (i.e., the “ink”) that is stamped. The current “inks” exhibit a poor balance between the 

ink-substrate interaction and intermolecular interaction within the ink. In this report, a specially 

designed polymer, poly(2-methacryloyloxyethyl phosphorylcholine)-g-poly(allylamine 

hydrochloride) (PMPC-g-PAH) is described, which serves as an alternative crosslinkable ink 

additive to conventional bovine serum albumin (BSA) for enzyme immobilization. During μCP, 

PMPC-g-PAH contributes a stronger intermolecular force while maintaining high adhesion to the 

microelectrode surface, which leads to a thicker immobilized ChOx deposited that is applied at 

higher spatial resolution, thereby leading to improved choline sensor performance including a 

sensitivity of 639 ± 96 nA μM-1 cm-2 (pH 7.4; n = 4). Such improvements in sensitivity lead to 
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smaller sensor probes that minimize tissue damage and make possible the creation of MEAs to 

monitor multiple neurochemicals simultaneously with high spatial resolution. 

6.1 Introduction  

The capability to monitor simultaneously multiple neurochemicals in vivo in near-real-time 

with high selectivity and spatial resolution has triggered interest from neuroscientists, as behaviors 

and physiological disorders are controlled by neuronal networks influenced by the complex 

interplay among various neurotransmitters.1, 2 While conventional microdialysis enables the 

monitoring of multiple analytes simultaneously and has provided important insight into the 

regulation of neurotransmissions, this technique is constrained by its generally low temporal 

resolution in the range of minutes.3-6 In contrast, electrochemical techniques based on implantable 

microprobes with an array of electroenzymatic sensing sites offers a means for multianalyte 

sensing at high temporal as well as spatial resolution and has developed rapidly into a robust 

analytical technique for neurotransmitters over the past few years.7-11 Electroenzymatic sensors 

typically rely on specific oxidase enzymes to catalyze oxidations of the target analyte to produce 

hydrogen peroxide (H2O2) that is oxidized or reduced at an underlying electrode at moderate 

potential to give a current signal. Development of microelectrode array (MEA) microprobes for 

multiple neurotransmitter detection consequently requires a method to selectively deposit multiple 

different enzymes onto specific microelectrode sites of a MEA microprobe probe. 

 Enzyme deposition and immobilization on microelectrode surfaces is most commonly 

achieved by manually loading a mixture of enzyme, bovine serum albumin (BSA), and 

glutaraldehyde (GAH) as crosslinker on the electrode surface.12 However, the manual approach 

becomes problematic when the MEA feature size is in the micrometer range. In previous work, we 
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demonstrated the use of microcontact printing (μCP) for creation of multianalyte sensing 

microprobes by patterning two different enzyme/BSA mixtures onto selected, distinct sites on a 

MEA and subsequent crosslinking with GAH vapor.10 Although this accomplishment 

demonstrates the potential of MEAs for recordings of multiple neurochemicals simultaneously in 

vivo with high spatiotemporal resolution, the use of enzyme/BSA mixtures in aqueous solution as 

the “ink” has important disadvantages. Since the BSA protein behaves as a globular particle in 

solution that contributes little to the viscosity of the “ink”, imprinted enzyme patterns tend to be 

so thin that low sensitivity results or problematic surface spreading and low spatial-resolution 

deposits occur when higher enzyme loading is attempted. For the application described in this 

work, excessive spreading of “ink” deposits is highly undesirable as it can lead to contamination 

of adjacent microelectrodes less than 100 μm away resulting in sensor crosstalk. As these problems 

are inherently related to ink properties, there has been a need for a new formulation that provides 

high adhesion to substrate, stronger intermolecular forces for higher viscosity and yet similar 

functionality as BSA to enable enzyme immobilization through covalent crosslinking. 

While great strides have been made in modifying “ink” properties to achieve high 

resolution patterns, the focus has been on creating very thin layers of chemicals or proteins on 

substrates via covalent attachment.13-15 In this report, we designed a novel graft polymer, poly(2-

methacryloyloxyethyl phosphorylcholine)-g-poly(allylamine hydrochloride) (PMPC-g-PAH), 

which serves as an alternative enzyme immobilization matrix to BSA that enhances the capability 

and efficiency of enzyme transfer to microelectrode surfaces via μCP. The zwitterionic 

polyphosphorylcholine moieties of the graft polymer serve to enhance surface hydrophilicity, the 

free amine groups provide functional groups for crosslinking with GAH vapor, and the polymer 

itself increases solution viscosity so as to curtail undesirable “ink” spreading. The minimization of 
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ink surface spreading enables longer stamp alignment times, enhanced control of enzyme loading 

for better sensor performance, as well as potentially minimizing immune response that would 

improve long-term stability in vivo.16  

6.2 Materials and Methods 

6.2.1 Reagents 

 Nafion (5 wt% in lower aliphatic alcohols and 15-20% water), m-phenylenediamine (PD), 

bovine serum albumin (BSA) lyophilized powder, choline oxidase (ChOx) from Alcaligenes sp., 

choline chloride, L-ascorbic acid (AA), 3-hydroxytyramine (dopamine, DA), chitosan (from crab 

shells, minimum 85% deacetylated), glutaraldehyde (GAH) (25% in water), sodium phosphate 

dibasic, sodium chloride, HCl (36.5-38%), hydrogen peroxide (30 wt% aqueous solution), 

polyallylamine hydrochloride (PAH, MW 17,500), 2-methacryloyloxyethyl phosphorylcholine 

(MPC), dimethyl sulfoxide (DMSO), 4-cyano-4-(phenylcarbonothioylthio)pentanoic acid (CTA), 

and poly(N-(3-aminopropyl)methacrylamide) were purchased from Sigma-Aldrich (St. Louis, 

MO). 1-Ethyl-3-(-3-dimethylaminopropyl) carbodiimide hydrochloride (EDC), N-

hydroxysuccinimide (NHS), 2,2’-azobis[2-(2-imidazolin-2-yl)propane] dihydrochloride (VA-

044), and isopropyl alcohol (IPA) were purchased from Thermo Fisher Scientific (Waltham, MA). 

Solvents were used as received. Ag/AgCl glass-bodied reference electrodes with NaCl electrolyte 

(3M) and a 0.5-mm-diameter Pt wire auxiliary electrode were obtained from BASi (West Lafayette, 

IN). Sodium phosphate buffer (PBS, pH 7.4) used for sensor calibration was composed of 50 mM 

sodium phosphate dibasic and 100 mM sodium chloride. Four-inch silicon wafers (p-type boron 

doped; thickness 150 μm) were purchased from Silicon Valley Microelectronics (Santa Clara, CA). 
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SU-8 2075 and SU-8 developer were obtained from MicroChem (Westborough, MA). The 

Sylgard® 184 silicone elastomer kit was purchased from Dow Corning (Auburn, MI). 

6.2.2 Instrumentation 

Electrochemical preparations and in vitro calibrations were performed using a Versatile 

Multichannel Potentiostat (VMP3, Bio-Logic) equipped with the ‘p’ low-current option and low-

current N stat box. A standard three-electrode system consisting of a separate Pt-wire as counter 

electrode, a separate Ag/AgCl reference electrode and modified Pt microelectrode sites on our 

MEA microprobe as the working electrodes was used in a Faraday cage. The film thicknesses on 

microelectrodes were measured using a SEM (Nova 600 SEM/FIB system). 

6.2.3 Synthesis of PMPC conjugated PAH via RAFT polymerization (PMPC-g-PAH) 

The PAH macroCTA was synthesized by conjugating the chain transfer agent (CTA) to 

the amino groups of PAH. Briefly, 3 mg of 4-cyano-4-(phenylcarbonothioylthio) pentanoic acid 

was dissolved in 400 μL DMSO. The DMSO solution was mixed with 10.5 mg EDC and 2.5 mg 

NHS in 50 μL MES buffer (pH 5.0), followed by incubation at 4 °C for 1 h. Next, 20 mg of PAH 

in 100 μL of MES buffer was added. The mixture was stirred at room temperature for 24 h. 

Afterwards, the reaction mixture was dialyzed against acetate buffer (pH 5.0) for 4 h to remove 

EDC, NHS, DMSO and unreacted CTA. The conjugation ratio was determined by UV-vis spectra. 

The final product was obtained by freeze-drying as a pink solid. 

The PMPC-g-PAH graft polymer was synthesized via RAFT polymerization. First, 10 mg 

of PAH-CTA (CTA, 0.0054 mmol), 80 mg MPC (0.27 mmol), and 8.7 mg VA-044 (0.027 mmol) 

were dissolved in 500 µL of acetate buffer at pH 5.0 and added to a Schlenk flask. The mixture 

was deoxygenized through three, freeze-pump-thaw processes. Next, the flask was placed in a 
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water bath at 25 °C and stirred for 6 h. The polymerization was stopped by immersing the flask in 

liquid nitrogen. Finally, the reaction solution was dialyzed against DI water to remove the 

unreacted initiator and monomer. The final product was obtained by freeze drying. The successful 

synthesis of PMPC-g-PAH was verified from the H1NMR spectrum (Figure 6.2), which showed 

PMPC bears about 50 MPC units per polymer chain and the average molecular weight was 

approximated at ~16.6K per polymer chain. 

 

Figure 6.1. Synthesis route of PAH-g-PMPC polymer 

 

 

Figure 6.2. Proton NMR of PAH-CTA and PAH-g-PMPC 



77 
 

6.2.4 Fabrication of mold and PDMS stamps 

 SU-8 2075 was spin-coated at 2000 rpm for 30 seconds on a four-inch Si wafer to give a 

∼100 μm thick layer. Soft   bakes were conducted at 65 °C for 5 min and then at 95 °C for 40 min 

followed by 27 s of UV exposure using Karl Suss with 8 mJ/cm2 sec setting through a Chromium 

mask   for stamp patterning (total exposure 216 mJ cm2, wavelength of 365 nm). After UV 

exposure, the spin-coated SU-8 layer was baked once again at 65 °C for 5 min and then at 95 °C 

for 10 min. The mold pattern was developed in SU-8 developer for 20 min, followed by 

isopropanol cleaning and drying in air at room temperature. 

Polydimethylsiloxane (PDMS) microstamps were fabricated using the Sylgard® 184 

silicone elastomer kit. Six grams of monomer were mixed with 0.6 g of curing agent (10: 1; 

monomer: curing agent) and then centrifuged at 15,000 rpm for 5 min to remove air bubbles and 

degassed under vacuum. After pouring into the SU-8 mold, the PDMS was degassed under vacuum 

to remove any remaining air bubbles followed by curing at 60 °C for 4 h. The molded PDMS 

subsequently was detached from the SU-8 mold and cut into 1 cm × 1 cm pieces. The size of the 

microstamp surface (50 μm × 160 μm) was designed to be slightly larger than the size of a 

microelectrode to ensure complete coverage. The PDMS stamps were cleaned in 7.5% hydrogen 

peroxide with sonication before re-use. 

6.2.5 Sensor preparation 

The silicon-based microelectrode array (MEA) probes were manufactured from 4-in, 150-

µm-thick Si wafers in-house using previously described microelectromechanical system (MEMS) 

techniques. The processes included the physical vapor deposition of Pt as electrode material, and 

the chemical vapor deposition of silicon oxide/nitride as insulation. Shaping was done by deep 

reactive ion etching from the front side. Each probe was 150 μm thick, 140 μm wide and 9 mm 
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long, with four platinum recording sites (40 μm × 150 μm) at the tip arranged in pairs separated 

by 40 µm (Fig. 3). 

The choline sensor design is shown in Fig. 4. A polyphenylenediamine (PPD) film first 

was electrodeposited on the Pt microelectrodes from a 5 mM PD solution in phosphate-buffered 

saline (0.1 M PBS) by holding the voltage constant at 0.85 V vs. Ag/AgCl for 20 mins. Afterward, 

a Nafion layer was dip-coated from a 2% Nafion solution (diluted from stock with 4:1 isopropyl 

alcohol (IPA): water) and annealed at 115 °C for 20 min. Next, a 0.1% w/v aqueous solution for 

chitosan deposition was prepared by mixing chitosan into water and adjusting the pH to 3 using 

HCl (0.1 M) followed by stirring for over 48 h to ensure complete dissolution of chitosan flakes. 

Subsequently, the chitosan solution was filtered using a 0.2 μm syringe filter, and the pH was 

adjusted to 5 with NaOH solution (0.5 M). The MEA probe coated with PPD and Nafion than was 

immersed in the aqueous chitosan preparation, and a constant potential of −0.7 V vs. Ag/AgCl was 

applied at the Pt microelectrode surfaces for 1 min, and repeated twice more for 1 min each, to 

electrodeposit the chitosan film.17, 18 

Subsequently, the enzyme “ink” was prepared by mixing 4 μL ChOx (0.5 U/μL) with either 

1 μL PMPC-g-PAH polymer solution (20 mg/ml) or 2 μL BSA solution (60 mg/ml). A droplet (∼3 

μL) of the prepared enzyme “ink” was deposited on the PDMS microstamp and after ~20 mins 

incubation in air at room temperature, the inked stamp was aligned carefully to the target 

microelectrode surface under a microscope fitted with a custom-built, manually adjustable stage 

to position the stamp. Deposition on the desired microelectrode surface was performed by 

adjusting the stage to achieve gentle contact of the PDMS stamp coated with viscous enzyme “ink” 

with the electrode surface for a few seconds. A wet enzyme layer remained after removal of the 
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PDMS stamp as illustrated in Fig. 5.10 Finally, the printed enzyme layer was exposed to vapor  

from a 5% GAH aqueous solution for 1 min to effect crosslinking. 

 

Figure 6.3.  Scanning electron microscopy (SEM) image of the microelectrode array probe. 
 

 

Figure 6.4. Schematic diagram showing the construction of the choline sensors (not to scale) as 
well as the sensing mechanism. The chitosan layer serves as an adhesive for the immobilized 
enzyme layer.  Nafion acts primarily to reject negatively charged interfering species found in brain 
extracellular fluid such as ascorbic acid (AA-), while the PPD layer acts primarily to reject 
dopamine (DA+). ChOx catalyzes the oxidation of choline to produce H2O2, which is 
electrooxidized at the Pt electrode surface to give H+, O2 and the electrons that give rise to a current 
signal. 
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Figure 6.5. Diagram illustrating the enzyme μCP process. (a) The PDMS stamp is inked with 
enzyme “ink”. (b) The inked stamp is aligned carefully to the target microelectrode surface(s) 
under a microscope fitted with a custom-built adjustable stage. (c) Gentle pressure is maintained 
for a few seconds. (d) The stamp is removed leaving an enzyme layer patterned on the targeted 
microelectrodes of the microprobe (d).  

6.2.6 Sensor calibration 

Constant potential amperometric measurements were conducted in stirred PBS buffer at 

0.7 V vs. Ag/AgCl and at ambient temperature. The sensors were permitted to equilibrate in PBS 

buffer for approximately 30 mins before adding analytes.  Solutions of AA, DA, Ch or H2O2 were 

added individually to the stirred buffer solution to give final concentrations of 250 µM AA, 10 µM 

DA, 20-60 µM Ch and 20 µM H2O2 to assess sensitivity and selectivity. 

6.3 Results and discussion 

6.3.1 Comparison of printed ChOx using two different inks 

BSA-ChOx ink 

Unlike many applications of μCP for deposition of monolayer-thick patterns of protein, the 

goal here was to deposit a ~5-um-thick film corresponding to may equivalent enzyme layers on a 
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well-defined microelectrode substrate in order to give optimal sensor performance. The printing 

of a thick pattern with micron-scale, lateral spatial resolution is challenging; as it requires a good 

combination of surface wettability of the ink and ink viscosity (Figure 6.6), since the chitosan film 

on the microelectrodes presents a hydrophilic surface for a water-based ink to wet and spread. If a 

conventional enzyme ink composed of ChOx and BSA in water is permitted to dry for 60 mins on 

the PDMS stamp before transfer in an effort to increase ink, viscosity and reduce spread, the 

resulting pattern was limited to the microelectrode surface but was too thin (in the few hundred 

nm range) and showed incomplete coverage. In contrast, if the ChOx/BSA ink is permitted to dry 

only 5 mins on the PDMS surface before stamping, this wet ink also was not preferred as it spread 

laterally, well beyond the edges of the microelectrode. Adequate spatial resolution was achieved 

after pre-drying the ink on the stamp for 15-20 mins, which presumably resulted in an ink state 

with sufficiently reduced water content. However, the deposit was only 2-µm-thick, which is less 

than half optimal.  In our prior work, at least two stamping cycles were required to obtain a high-

performance choline sensor. Also, subsequent unacceptable surface spreading was observed 

during the crosslinking step with humid GAH vapor (Figure 6.7). It was hypothesized that these 

problems were inherently related to the ink properties, as both BSA and ChOx behave as globular 

particles that provide relatively weak intermolecular forces within the ink resulting in ink viscosity 

that is too low to control spreading on a chitosan-coated microelectrode surface. Finally, the 

narrow drying time window during which nearly acceptable stamping can be achieved made 

manual alignment of the microstamp and the targeted microelectrode a challenging process. These 

issues prompted formulation of alternative ChOx-containing inks that could be used to deposit 

sufficiently thick enzyme layers with good spatial resolution that could be crosslinked effectively. 
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Figure 6.6. Distinct ChOx pattern on chitosan-coated substrate with various wettabilities after 
PDMS stamping of BSA-ChOx ink. (a) is a demonstration of insufficient enzyme transfer with 
~35-45 mins of incubation time. The PDMS stamp was partially dried, and stamping nearly dry 
BSA-ChOx ink gave insufficient enzyme coverage pattern. (b) shows the stamping pattern with 
less than 10 mins of incubation time. The high mobility of molecules due to excessive wettability 
caused sever spreading problem. (c) shows a proper wettability with 15 to 20 mins of incubation 
time and a thick enzyme layer was transferred with an appropriate enzyme coverage pattern. 
 

  

Figure 6.7. Optical microscope image of BSA-ChOx ink pattern stamped on the top microsensor 
in the micrograph after exposure to humid GAH vapor for crosslinking. The inset shows an SEM 
image of the ~2-µm-thick deposit cross-section. 

 

PMPC-g-PAH-ChOx ink 

(a) (b) (c) 
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It is known that the physical properties of the polymer incorporated in enzyme ink are 

particularly important in determining enzyme transfer efficiency during μCP. The key to enable 

high enzyme loading without surface spreading on a hydrophilic surface is to add a hydrophilic 

polymer with sufficiently strong intermolecular forces, due to for example, hydrogen bonding and 

van der Waals forces. Initially, experiments were conducted with poly(N-(3-

aminopropyl)methacrylamide) (PAPM), a polymer of easily tuned length during free-radical 

polymerization that also provides free amine-groups for GAH crosslinking (data not shown). 

Although higher molecular weight PAPM provided better control of ink spreading, the preparation 

was too viscous to provide the flexibility needed to control the thickness of printed patterns. 

However, these initial PAPM trials provided valuable insight into the influence of polymer 

characteristics on enzyme μCP and led to the choice of commercially available PAH (MW = 

17,500 g/mol) as a promising alternative for future work due to its well-defined structure, 

convenient chemistry for modifications, and low price. 

To further enhance PAH-based ink hydrophilicity and to provide anti-fouling properties to 

printed enzyme patterns, zwitterionic MPC was conjugated to PAH to synthesize the polymer, 

PMPC-g-PAH. Zwitterionic polymers have been used widely as ultralow fouling coatings on 

biomedical devices due to their super hydrophilic nature that forms a surrounding shell of water 

molecules to inhibit protein adsorption.19-21 In addition, it is known that enzymes keep their natural 

conformation in more hydrophilic environments, which the effect of PMPC-g-PAH on ChOx 

activity will be discussed later. The hydrophilicity of PMPC-g-PAH was assessed and confirmed 

by measuring the contact angle on hydrophobic PDMS stamp that showed a large angle of over 

90 (Figure 6.8). PMPC-g-PAH showed clear promise as a key component of an enzyme ink 

formulation. 
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Subsequent tests were conducted to assess the performance of the PMPC-g-PAH-based ink 

for microcontact printing of ChOx onto microelectrodes. As shown in Figure 6.9, the thickness of 

the printed ChOx layer with PMPC-g-PAH-based ink was measured at ~4 μm without observable 

surface spreading after exposure to GAH/water vapor. This layer thickness was ~2-fold thicker 

than that obtained with the BSA-ChOx and close to the predicted optimal thickness for 

electroenzymatic choline sensors. Moreover, use of the PMPC-g-PAH-ChOx has greatly improved 

the μCP success rate by enabling a much longer stamp alignment time with gentle contact between 

stamp and microprobe. This could be attributed to the stronger hydrogen bonding of water to the 

zwitterionic PMPC side chains, which slow the water evaporation rate from the ink. 

 

 

 

Figure 6.8. Contact angle measurements on PDMS for (a) PMPC-g-PAH and (b) DI water. 
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Figure 6.9. Optical microscope image of PMPC-g-PAH-ChOx ink stamped and GAH crosslinked 
on a microelectrode (top site).  The inset shows the corresponding cross-sectional SEM image. 
 

6.3.2 Stamped choline microsensor performance 

To demonstrate that enzyme function was retained after μCP and crosslinking, all 

microsensors were tested with choline in solution at 0 to 60 μM at the constant operating potential 

of 0.7 V (vs. Ag/AgCl). The choline sensor selectivity was also tested against two common 

electrooxidizable interferents, ascorbic acid (AA) and dopamine (DA) at 250 μM and 10 μM 

respectively, which are found in brain extracellular fluid at 200-400 μM for AA and 6 nM to 2.5 

μM for DA.22, 23 As expected, the data showed an increase in sensitivity with increased thickness 

of the immobilized ChOx deposit up to a maximum of ~4 µm. Compared to our previous work 

where BSA-ChOx ink was used to create a very thin immobilized ChOx deposit (estimated at 1 

μm) that resulted in a sensitivity of 286 ± 63 nA μM-1 cm-2, a ~1.5-fold improvement in Ch 

sensitivity was achieved simply by creating a thicker BSA-ChOx deposit here of ~2 μm (with some 

compromise in spatial resolution) that resulted in a sensitivity of 444 ± 133 nA μM-1 cm-2 (n = 5) 

(Figure 6.10 (b)).10 A further increase in ChOx loading corresponding to a high spatial resolution 

deposit of ~4 µm in thickness when PMPC-g-PAH used as enzyme matrix, led to another 1.5-fold 

improvement in sensitivity to 639 ± 96 nA μM-1 cm-2 (n = 4). As these improvements in sensitivity 
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were achieved without sacrificing background noise and selectivity, the limit of detection (at 

signal-to-noise ratio of 3) of printed PMPC-g-PAH-ChOx sensors relative to printed BSA-ChOx 

sensors were also improved, 0.31 ± 0.06 μM (n = 4) versus 0.45 ± 0.17 μM (n = 5), respectively 

(Figure 6.10 (c)). The high sensitivity obtained with PMPC-g-PAH-ChOx stamped microsensors 

exceeds that of most other published choline sensors, including those that employed manual, non-

stamping enzyme deposition methods in their construction and is statistically the same as the 

highest recorded sensitivity that was achieved by manually spreading and crosslinking 12-15 

layers of BSA-ChOx solution on a microelectrode in order to achieve a ~4-µm-thick deposit.10, 24-

28  

 

Figure 6.10. (a) Representative current response of stamped BSA-ChOx (blue trace) and stamped 
PMPC-g-PAH-ChOx (red trace) Ch sensors to interferents, 250 μM AA and 5 μM DA, followed 
by three 20 μM step increase in ChCl and a 20 μM increase in H2O2. (b) Choline sensitivity and 
(c) limit of detection. Error bars give 95% confident intervals. 
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6.3.3 Enzyme Affinity 

The apparent Michaelis-Menten parameters,  and  (Eq. 1) were estimated for the 

choline biosensors to provide insight into factors affecting the sensitivity measurements presented 

above. Here, the concentration of co-substrate O2 is assumed constant, and  is defined as the 

Ch concentration at half the corresponding . 

                                                                           (1) 

As shown in Figure 6.11, a ~1.5-fold increase in Imax achieved with PMPC-g-PAH-ChOx stamped 

microsensors compared to those stamped with BSA-ChOx indicated greater enzyme activity 

and/or improved mass transfer characteristics of the PMPC-g-PAH-ChOx layer transferred onto 

the electrode surface. However, one would expect a greater KM 
app value with the 2-fold thicker 

PMPC-g-PAH-ChOx layer, yet it was similar to that for the BSA-ChOx biosensor, 110 ± 18 μM 

(n = 4) versus 101 ± 27 μM (n = 5), respectively. Zwitterionic polymers such as PMPC have the 

unique property of retaining or improving binding affinity through enhanced protein-substrate 

hydrophobic interactions.29 Unlike BSA (pI: 4.7) that provides a negatively charged matrix, the 

PMPC-g-PAH polymer is positively charged, thereby helping counterbalancing polyanionic ChOx 

to prevent enzymes from aggregation. This result consistent with other published experimental 

reports showing that pre-coating the Pt with polycation led to a large decrease in the KM 
app.30 The 

positively charged PMPC-g-PAH polymer also may improve partitioning of negatively charged 

choline into the immobilized enzyme layer resulting in a locally higher concentration in the layer 

as opposed to the solution. In addition, glutamate effective diffusivity in the PMPC-g-PAH-ChOx 

layer may be improved, a possibility that would require further experimentation. Nevertheless, 
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these results demonstrate improved choline sensor performance using the GAH crosslinked 

PMPC-g-PAH matrix for the immobilized enzyme layer rather than the conventional 

immobilization medium based on crosslinked BSA. 

 

 

Figure 6.11. Plots of current, I, versus choline concentration obtained with sensors stamped with 
PMPC-g-PAH-ChOx (blue curve: KM 

app = 110±18 μM, Imax = 7.9±0.6 nA, n = 4) and BSA-ChOx 
(orange curve: KM 

app = 101±27 μM, Imax = 5.8±1.7 nA, n = 5) with error bars indicating 95% 
confident intervals. 
 

 

6.4 Conclusion 

Enzyme loading and pattern resolution on the microelectrode surface are two critical 

factors to allow creation of highly sensitive microprobe for multianalyte sensing.  We 

demonstrated PMPC-g-PAH polymer as an effectively alternative enzyme immobilization matrix 

to BSA for enhancing μCP enzyme. Compared to sensors imprinted with ChOx-BSA, PMPC-g-

PAH-ChOx printed sensors led to much thicker ChOx pattern in high resolution that showed high 
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sensitivity for Ch (639 ± 96 nA μM-1 cm-2 (n = 4)), fast response time within a second, and very 

low limit of detection (0.31 ± 0.06 μM (n = 4)). Furthermore, incorporation of PMPC-g-PAH 

greatly improved μCP success rate by allowing much longer alignment time. Therefore, μCP 

combined with PMPC-g-PAH as enzyme immobilization matrix is expected to contribute to 

neuroscience research by making possible the creation of thick enzyme layer in high resolution on 

selected microelectrode sites on a microprobe thereby enabling highly sensitive detection of 

multiple analytes in close proximity simultaneously. This high sensitivity will also allow greater 

flexibility in shrinking electrode surface size in the future to minimize tissue damage. Finally, the 

use of PMPC-g-PAH has potential to provide better stability for long-term experiment in vivo, as 

zwitterionic MPC has been widely reported to minimize immune response, which will require 

further investigation in vivo.14, 16, 17 
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Chapter 7: An Implantable Multifunctional Neural Microprobe for 

Simultaneous Multi-analyte Sensing and Chemical Delivery 

Chapter 7 is a manuscript published with the following citation: 
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and Maidment, N.T., 2020. An implantable multifunctional neural microprobe for simultaneous 
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ABSTRACT 

 A multifunctional chemical neural probe fabrication process exploiting PDMS thin-film 

transfer to incorporate a microfluidic channel onto a silicon-based microelectrode array (MEA) 

platform, and enzyme microstamping to provide multi-analyte detection is described. The 

Si/PDMS hybrid chemtrode, modified with a nano-based on-probe IrOx reference electrode, was 

validated in brain phantoms and in rat brain. 

7.1 Introduction 

 Implantable neural microprobes are widely used in neuroscience studies for chemical and 

electrophysiological recordings of neural activities in deep brain regions.1–5 The probes are often 

used in conjunction with local chemical delivery systems to manipulate neural circuits. 

Conventionally, in order to achieve simultaneous electrochemical recording of multiple analytes 

(e.g., dopamine, glutamate, and acetylcholine), which work together to control complex behaviors, 

and chemical modulation, multiple implants are required, including (1) multiple electrochemical 

sensors for different analytes; (2) counter electrode (CE) and reference electrode (RE), or RE also 

acting as CE; and (3) an independent microinjector separated from or glued manually onto the 

shank of the sensing electrodes6–8 for chemical delivery (Figure 7.1a, left). Such an approach 

requires prolonged surgical implantation procedures and results in significant damage to the brain. 
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Moreover, the relative distance between separated chemical delivery devices, sensing electrodes, 

and RE can be hard to control, hampering experimental reproducibility and introducing variability 

in baseline noise.9 Therefore, the development of a multifunctional probe that integrates these 

individual components into a single implantable device is highly desirable (Figure 7.1a, right). 

 To this end, advances in MEMS technology have been harnessed to create silicon 

microelectrode array (MEA) microprobes with integrated microfluidic channels on the same shank 

using bulk or surface micromachining.10 Compared to conventional approaches such as gluing 

glass pipettes to the probes, sophisticated microfluidic functions such as multi-channel delivery 

and on-probe mixing can be achieved with minimal increase in probe dimension.11,12 In bulk 

micromachining, the channel is formed by etching the silicon substrate, which is sealed by either 

depositing materials isotropically, such as by plasma enhanced chemical vapor deposition 

(PECVD) of silicon dioxide,13,14 or by wafer bonding.11,15 In surface micromachining, the channel 

is formed by removal of sacrificial film deposited on top of the silicon substrate.16,17 Such silicon-

based chemtrodes are batch fabricated with high precision; however, the process for fabricating 

the microfluidic channels requires multiple additional MEMS fabrication steps such as wafer 

bonding, polishing, film deposition and etching, which is often complicated, costly and may not 

be readily accessible. 

 Here, we describe the development of a customized PDMS thin-film transfer process based 

on soft lithography that enables integration of microfluidic channels on silicon microprobes. In 

this highly flexible process, free-standing ultra-thin PDMS microfluidic channels can be fabricated 

in batch mode5,18 with minimal increase in dimensions, or can be used to modify pre-fabricated 

MEAs since PDMS channels 
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Figure 7.1. (a) Schematic diagram showing conventional chemical sensing and agent delivery 
system vs. our single multifunctional neural probe. (b–e) Conceptual diagram of the proposed 
multi-functional neural probe with chemical delivery and multi-sensing capabilities. (b) Front side 
of the microprobe; (c) back side of the microprobe; (d) chemtrode shank tip (front side) showing 
the functionalized microelectrode array; (e) microprobe shank tip (back side) showing the outlet 
of the microfluidic channel. 
 

are transferred as the last step of the process. It is very convenient and cost-effective for building 

prototypes to iterate microfluidic channel design or to validate other functionalities on the probe 

(biosensing in this work) without designing and fabricating a new batch of MEAs each time. 

Second, we incorporated a platinum (Pt) nanoparticlemodified IrOx reference electrode, replacing 

the conventional unstable Ag/AgCl film, by electrodeposition on the microprobe as previously 

described.3,5,9 Finally, we adapted our recently developed PDMS microstamping technique19,20 to 

selectively transfer glutamate and choline oxidases onto individual electrodes of the MEA, thereby 
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demonstrating the potential for manipulation and detection of multiple nonelectroactive analytes, 

in this case of glutamate and of choline, a metabolite of acetylcholine, with a single implantable 

device. This results in a 3-in-1 multifunctional neural probe that integrates multi-analyte sensing, 

on-probe reference electrode and local chemical delivery. 

7.2 Results and discussion 

 The fabrication procedure was optimized to be compatible with our existing silicon-based 

neural probe design (150 μm thick, 144 μm width, and 9 mm long).3,21 Here, for proof of concept, 

a chemtrode is demonstrated (Figure 7.1b–e) incorporating a Pt microelectrode array (2 × 2) at the 

tip, which consists of a nano-based IrOx reference electrode, a glutamate sensing electrode, a 

choline sensing electrode, a control electrode, and a back-sided microfluidic channel. The 

fabrication process (Figure 7.2a) is described in the ESI† in detail and can be summarized as (1) 

integration of an ultra-thin, free-standing microfluidic channel via a customized PDMS thin-film 

transfer process (Figure 7.2a i and ii), (2) construction of a nano-based IrOx reference 

microelectrode via electrodeposition (Figure 7.2a iii and v); (3) deposition of enzyme mixture onto 

two closely juxtaposed permselective membrane-modified working electrodes for the detection of 

glutamate and choline via PDMS microstamping (Figure 7.2a). In our thin-film transfer process, 

it is important to keep the top surface of the mould flat. To this end, we fabricated the mould from 

a polished flat top silicon wafer. Through two steps of time-controlled DRIE etching, a silicon 

mould with two different depths is formed to enable the transfer of free-standing ultra-thin PDMS 

channels in one step (Figure 7.2b). 



96 
 

 

Figure 7.2. a) Multi-functional neural probe fabrication process. i) An exploded-view drawing of 
the microfluidic channel on the back of the microprobe; ii) back side of the microprobe; iii) front 
side of the microprobe; iv) microprobe shank tip showing Pt microelectrode array (yellow); v) 
reference electrode (black) and permselective membrane coating (light blue); vi) PDMS stamping 
to transfer two different enzymes to designated microelectrodes (red and green). b) Customized 
thin-film transfer process for microfluidic channel fabrication. c) Optical image showing the outlet 
of the microfluidic channel at the back of the probe tip. d) Optical image showing the delivery of 
dye solution to the outlet of the microfluidic channel at the back of the probe tip. e) Demonstration 
of a linear relationship between flow rate and pumping pressure (R2 = 0.996) and high repeatability 
of the measure (n = 3 per pressure point for a representative microprobe). Error bar: standard error. 
 

 Specifically, one layer of PDMS thin-film with channel, cured against the silicon mould 

with two different depths, was transferred directly to the back side of the probe SiO2 surface by 

oxygen plasma bonding to form an enclosed channel, with the silicon probe itself as the channel 
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bottom surface and PDMS as the cover. To avoid probe fracture during the transfer process, silicon 

probes were temporarily fixed on a glass slide with photoresist (PR, AZ 5214/non-exposed SU-8), 

which was subsequently dissolved in acetone. Thanks to the rigid glass backing used to pick up 

the PDMS, the features are dimensionally stable. An alignment accuracy of <5 μm can be achieved 

using a contact mask aligner (Neutronix Quintel 7000). This produced a PDMS microfluidic 

channel, with a length of 9 mm, a total thickness of 15 μm, and a channel dimension of 10 × 20 

μm (thickness × width) that enables precise chemical delivery at flow rates ranging from 0.25 to 

1.75 μL min−1 with pumping pressure from 5 to 20 psi. The tested flow rates are similar to other 

chemtrodes.10 While higher flow rates could be achieved by increasing the pumping pressure up 

to 60 psi without PDMS delamination, such high rates increase the risk of tissue deformation and 

liquid backflow along the probe shank. A 40 μm-diameter fluid outlet (Figure 7.2c), formed in the 

same moulding process, was placed on top of the PDMS membrane such that fluid is ejected 

perpendicular to the probe surface instead of towards the probe tip to avoid channel occlusion22 

during the probe insertion process. Local injection of chemical solution (Figure 7.2d) with 

nanoliter precision can be controlled by the pumping pressure and duration. Flow rates were 

measured in triplicate at 4 different pumping pressures (5–20 psi) to demonstrate the expected 

linear relationship between pressure and flow rate (R2 = 0.996) and low variability across replicate 

measures (Figure 7.2e). 

 In this proof of concept design, the microfluidic channel is integrated onto the back side of 

the existing Si probe. The ejected chemicals diffuse from the fluid outlet to the sensors on the front, 

separated by the thickness of the probe (150 μm). The advantage of this approach is that the sensors 

are less impacted by dilution effects than they would otherwise be if the fluid outlet was on the 

front of the probe. Nevertheless, the current set-up may not be suitable for certain applications 
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where a more localized delivery in the immediate vicinity of the electrodes is desired. In such cases, 

fluidic outlets can be easily fabricated on the front by either (1) transferring PDMS channels to the 

probe front after allocating sufficient space for the fluidic interface; or (2) creating vias in the probe 

shank to connect the fluidic channels on the back. Further, more sophisticated PDMS structures, 

with multi-channels or multi-shanks, can be molded and transferred to the corresponding Si probes 

in one step.5,18 Our prior work has demonstrated that PDMS channels with a spacing of 20 μm can 

be achieved providing stable, leak-free operation at 60 psi,23 such that it should be possible to 

accommodate 3 microfluidic channels on the current platform. In addition, the thickness of the 

probe can be further reduced simply by starting with a thinner silicon substrate without changing 

the fabrication process – silicon probes with 50 μm thickness have been fabricated in our lab. We 

do not anticipate problems with probe fracture during the transfer process since the probes are 

temporarily fixed to a glass substrate using photoresist. Further, we do not expect the long-term 

stability of the probes to be impacted by addition of the ultra-thin (15 μm) PDMS channel due to 

its extremely low stiffness (1 MPa vs. 100 GPa, PDMS vs. Si). 

 To construct an on-probe reference electrode, one microelectrode of the MEA was first 

deposited with Pt nanoparticles (PtNP) to enhance the surface area using a previously described 

non-cytotoxic electrodeposition procedure,3,24,25 followed by IrOx electrodeposition (0.0–0.6 V, 

100 cycles). A typical cyclic voltammogram of IrOx electrodeposition on a PtNP/Pt 

microelectrode is shown in ESI† (Figure. S6). The IrOx film has been shown to be mechanically 

stable and biocompatible.26–29 Although the potential of IrOx film shows strong pH dependence, 

the small dynamic range of normal brain pH (7.15–7.4) makes this issue unimportant in most 

cases.30 Recently, we9 and others30–32 validated that the open circuit potential of the IrOx film 

remained stable over a two-week period. Although electrophysiological recording and electrical 
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stimulation with the IrOx electrode were not performed in this study, the impedance of the nano-

based IrOx electrodes, 4.48 ± 0.25 kΩ (n = 5) at 1 kHz, was found to be significantly lower than 

unmodified Pt microelectrodes (∼20 kΩ at 1 kHz).5 After the deposition of the Nafion layer, the 

impedance of the IrOx electrode increased to 15.21 ± 1.18 kΩ (n = 5) at 1 kHz. Here, the 

performance of the IrOx, as a reference electrode (RE), was verified by amperometric detection of 

H2O2, which is the byproduct of the oxidase-based enzymatic reactions, at Pt microelectrodes (0.6 

V vs. IrOx), employing H2O2 concentration step changes (0–80 μM; sensitivity: 2516.1 ± 20.1 μA 

mM−1 cm−2; limit of detection: 0.13 ± 0.01 μM), showing high stability and repeatability (Figure 

7.3a). The nano-based IrOx RE was further tested in the context of glucose sensors, where 

crosslinked enzyme layers were applied on top of permselective membrane (poly-

mphenylenediamine (PPD) and Nafion)-modified Pt electrodes (see ESI† for details of 

permselective layer and enzyme deposition). The deposited PPD and Nafion layers acted as size 

and charge exclusion membranes, allowing hydrogen peroxide molecules to pass through to the Pt 

electrode surface but excluding common interferents (e.g., negativelycharged ascorbic acid (AA) 

and positively-charged dopamine (DA)) present in the brain extracellular fluid.18,20,33 The 

performance of a representative glucose sensor in stirred phosphate-buffered saline (PBS) solution 

is shown in Figure 7.3b showing a linear concentration–response from 0–360 μM glucose and 

response time of ∼2 s. Further data from multiple probes is provided in ESI† Figure S5 

demonstrating a sensitivity of 52.2 ± 5.5 μA mM− 1 cm−2 and a calculated detection limit of 1.5 

± 0.8 μM (n = 6). Selectivity is demonstrated by the lack of response to the physiological 

interferents, AA and DA, at physiologically relevant concentrations34,35 (Figure 7.3c). 
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Figure 7.3. a) A representative current–time response of the microelectrode array to increasing 
concentrations of H2O2 with IrOx as an on-probe reference electrode (0.6 V vs. IrOx). Insert: plot 
of current vs. H2O2 concentration. b) A representative current–time response of the microelectrode 
array to increasing concentrations of glucose with IrOx as an on-probe reference electrode (0.6 V 
vs. IrOx). Insert: plot of current vs. glucose concentration. c) A representative current–time 
response to glucose and electroactive interferents. The sensor response at a constant potential of 
0.6 V (vs. IrOx) was monitored upon sequential injections to give 250 μM AA, 5 μM DA, 160 μM 
glucose, and 320 μM glucose. d) Schematics of a microelectrode array showing the location of the 
IrOx reference electrode, control electrode, and enzyme-stamped glutamate and choline sensors. 
e) Schematic of the final dual glutamate/choline sensor configuration. f) A representative current–
time response of a choline oxidasestamped electrode (of an MEA limited to such coated electrodes) 
to increasing concentrations of choline (0.6 V vs. IrOx). Insert: plot of current vs. choline 
concentration. g) A representative current–time response of a glutamate oxidase-stamped electrode 
(of an MEA limited to such coated electrodes) to increasing concentrations of glutamate (0.6 V vs. 
IrOx). Insert: plot of current vs. glutamate concentration. h) Combined sensing of glutamate and 
choline on a representative MEA at a constant potential of 0.6 V (vs. Ag/AgCl). The individual 
sensor responses of the MEA were monitored upon sequential injections to give stepwise final 
concentrations as follows: 60 μM choline, 120 μM choline,180 μM choline (blue), 180 μM 
choline/60 μM glutamate, 180 μM choline/120 μM glutamate, 180 μM choline/180 μM glutamate 
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(pink), 180 μM choline/180 μM glutamate/250 μM AA (purple), 180 μM choline/180 μM 
glutamate/250 μM AA/5 μM DA (yellow), and 180 μM choline/180 μM glutamate/250 μM AA/5 
μM DA/20 μM H2O2 (grey). 
 

 To achieve simultaneous sensing of more than one nonelectroactive analyte, PDMS 

stamping11,12 was adapted to selectively and sequentially transfer each of the two different 

enzyme/BSA mixtures – glutamate oxidase/BSA and choline oxidase/BSA – onto two distinct, 

juxtaposed microelectrodes (∼100 μm separation, Figure 7.3d) previously coated with 

permselective layers as described in ESI, followed by crosslinking via glutaraldehyde vapor (see 

ESI† for full details of the stamping procedure and Figure S1–S4). For dual sensing, one of the 4 

microelectrodes remained free of enzyme and served as a control electrode, and another (top 

left) was converted to an on-probe reference electrode as described above. A schematic of the 

various permselective and enzyme layers of the constructed dual sensor and the sensing 

mechanism is shown in Figure 7.3e. The choline and glutamate sensors were first characterized in 

stirred PBS solution, separately (i.e. on probes with only one of the two enzymes applied, see ESI† 

for methods). Figure 7.3f and g show linear responses of representative electrodes to serial 

additions of choline and glutamate, respectively, each with a response time of ∼2 s. Sensitivities 

for choline and glutamate of 74.8 ± 4 μA mM−1 cm−2 (n = 4) and 84.7 ± 15 μA mM−1 cm−2 (n = 3), 

were obtained with calculated detection limits of 4.1 ± 1.4 μM and 3.8 ± 1.9 μM, respectively 

(ESI† Figure S5). Subsequently, the performance of the dual sensor platform was assessed and 

shown to display zero crosstalk among glutamate, choline and control sites at the concentrations 

tested, and to exclude interfering species (Figure 7.3h). 

 The integrated functions of electrochemical sensing and chemical delivery were initially 

tested in brain phantoms (0.6% w/v agarose in artificial cerebrospinal fluid, aCSF). Figure 7.4a 

shows the reproducibility of glucose detection following repeated local injection of a glucose 
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solution (800 μM in aCSF) at 20 psi for pumping durations of 2 s and 0.2 s. Selectivity of glutamate 

and choline detection by the dual sensor is shown in Figure 7.4b (see ESI for further 

methodological details). 

 Validation of the integrated microbiosensor/chemical delivery platform in vivo was 

conducted with microprobes acutely inserted into the dorsal striatum of the rat brain. Figure 7.4c 

shows glucose detection following repeated local injection of 4 mM glucose at 20 psi with 

increasing injection durations. The more transient nature of the signals compared to injections 

into brain phantoms is likely due to active uptake of glucose. Interestingly, the amplitude of the 

signal reached a plateau at an injection duration of 1.2 s, but the area under the curve continued 

to increase. This may be due to acute activation of glucose transport, a possibility supported by 

the overshooting below baseline after injection, but this requires further investigation. 

Preliminary validation of the glutamate/choline dual sensor is shown in Figure 7.4d 

demonstrating detection of both glutamate and choline following injections of a mixture of the 

two compounds. The need for higher concentrations of analytes when delivered to live brain 

tissue compared to static agar phantoms is likely due to the presence of both active cellular 

uptake mechanisms and diffusion into circulating blood in the former condition, reducing the 

concentration attained at the electrode surface. We observed the same phenomenon in our 

previous studies.5 Post-calibration of the sensors upon removal from the brain demonstrated a 

less than 20% reduction in signal amplitude for the three analytes, compared with pre-calibration 

data. Such decreases are commonly reported for all types of implantable electrochemical sensors 

and is attributed to biofouling (e.g., protein aggregation on the sensor surface). The shelf life of 

the fabricated sensors is limited by the stability of both the on-probe IrOx reference electrode 

and enzymes on the electrode surfaces. For the IrOx reference electrode, we9 previously 
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demonstrated that the performance was stable for at least 2 weeks and preferred to use them 

within a day or two of their preparation. Similarly, we have not tested the probes beyond two 

weeks in vivo. The long-term stability and biocompatibility of the sensors will be a subject for 

future investigation and may include incorporation of anti-fouling biopolymers such as 2-

methacryloyloxethylphosporylcholine (MPC).36–38  

 

Figure 7.4. Sensor validation in brain phantoms and in vivo. a) In vitro testing of 800 μM glucose 
injection and detection in 0.6% agarose gel. The slow decrease in the glucose concentration is due 
to pure diffusion in this un-mixed medium. Pumping pressure: 20 psi. Insert: optical image 
demonstrating delivery of liquid (aqueous solution with red dye) into a brain phantom (0.6% 
agarose gel). b) Selectivity of glutamate (Glut) and choline (Ch) dual sensor. From left to right: 
local injection of choline or glutamate alone (800 μM in aCSF) and a choline/glutamate mixture 
(800 μM in aCSF). Pumping pressure: 10 psi. c) In vivo glucose (4 mM) injection and sensing in 
rat striatum. Injection pressure was kept at 20 psi with increasing injection duration. d) Dual 
detection of glutamate and choline in rat striatum following injection of a choline/glutamate 
mixture in aCSF (50 mM for each analyte). Pumping pressure 20 psi. 
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7.3 Conclusion 

 We present an approach to the fabrication of multifunctional neural microprobes using a 

novel PDMS thin-film transfer process to transfer microfluidic channels to silicon based neural 

probes. Incorporation of PDMS enzyme stamping and an integrated on-probe reference electrode 

permits simultaneous detection of multiple analytes together with local delivery of agents that can 

both validate biosensor function and manipulate neuronal activity. Although a single 

microfluidic channel was employed here, the approach can be readily scaled up with additional 

channels for multiple chemical delivery. The integration of these multiple functions on a single 

platform removes the need for implanting multiple probes, with the dual benefits of reducing brain 

damage and surgical complexity. 
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Chapter 8: Electroenzymatic Choline Sensing at Near the Theoretical 

Performance Limit 

Chapter 8 is a manuscript published with the following citation: 

Huang, I.W., Clay, M., Cao, Y., Nie, J., Guo, Y. and Monbouquette, H.G., 2021. Electroenzymatic 
choline sensing at near the theoretical performance limit. Analyst, 146(3), pp.1040-1047. 
 

ABSTRACT 

 A high performance, electroenzymatic microsensor for choline based on choline oxidase 

(ChOx) immobilized on Pt coated with permselective polymer layers has been created that exhibits 

sensitivity approaching the theoretical performance limit. Sensor construction was guided by 

simulations performed with a detailed mathematical model. Implantable microsensors with an 

array of electroenzymatic sensing sites provide a means to record concentration changes of choline, 

an effective surrogate for acetylcholine due to its very rapid turnover in the brain, and other 

neurochemicals in vivo. However, electroenzymatic sensors generally have insufficient sensitivity 

and response time to monitor neurotransmitter signaling on the millisecond timescale with cellular-

level spatial resolution. Model simulations suggested that choline sensor performance can be 

improved significantly by optimizing immobilized ChOx layer thickness and minimizing the 

thicknesses of permselective polymer coatings as well. Electroenzymatic choline sensors 

constructed with a ∼5 μm-thick crosslinked ChOx layer atop 200 nm-thick permselective films 

(poly(mphenylenediamine) and Nafion) exhibited unprecedented sensitivity and response time of 

660 ± 40 nA μM−1 cm−2 at 37 °C and 0.36 ± 0.05 s, respectively, while maintaining excellent 

selectivity. Such performance characteristics provide greater flexibility in the design of 

microelectrode array (MEA) probes with near cellular-scale sensing sites arranged in more dense 

arrays. Also, faster response times enable better resolution of transient acetylcholine signals and 
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better correlation of these events with electrophysiological recordings so as to advance study of 

brain function. 

8.1 Introduction 

 A deep understanding of information processing in the brain is critical for rational 

development of effective treatments for complex neurological disorders including drug addiction. 

Brain processes are controlled by neuronal networks whose functioning is evidenced both by 

neurochemical signaling and electrophysiological events. Thus, there is great incentive to develop 

advanced technologies for neurochemical and electrophysiological recordings with similar 

spatiotemporal resolution in vivo so that this data may be correlated and used to unravel network 

functions. Current implantable devices enable electrophysiological recordings simultaneously 

from large numbers of interconnected neurons at millisecond temporal and cellular-scale spatial 

resolution.1–5 However, techniques for neurochemical recording have yet to achieve such high 

spatiotemporal resolution due to slow sensor kinetics exacerbated by the need for selectivity 

against the complex background of brain extracellular fluid.6–14 Historically, broadly applicable 

neurotransmitter detection in vivo has been accomplished using microdialysis probes coupled to 

analytical instrumentation (e.g., high performance liquid chromatography (HPLC)). However, the 

typical minute-to-minute temporal resolution and relatively large size of the probes has limited 

utility of this technique, although there have been recent impressive advances both in probe size 

and sampling rate.15,16 

 Micromachined microprobes supporting an array of microelectrode sensing sites have 

emerged as alternative tools to monitor concentration changes for a limited number of 

neurochemicals. These microsensors, once implanted in the brain, are in direct contact with 
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extracellular fluid, potentially providing a means for near-real time neurochemical sensing.17–21 

Sites on these microelectrode array (MEA) microprobes may be modified with permselective 

polymer films and immobilized redox enzymes to create selective electroenzymatic sensors. For 

example, the electroenzymatic choline (Ch) sensor studied in this work consists of a platinum (Pt) 

microelectrode coated first with permselective polyphenylenediamine (PPD) and Nafion films and 

then a layer of cross-linked choline oxidase (ChOx). ChOx catalyzes the 4-electron oxidation of 

Ch to glycine betaine in the presence of oxygen to give two equivalents of hydrogen peroxide 

(H2O2), which diffuse through the underlying polymer layers to the electrode surface where they 

are electrooxidized thereby generating a current signal indicating the presence of Ch. 

 

Ch + Oଶ  
େ୦୭ଡ଼
ሱ⎯⎯ሮ  betaine aldehyde +  HଶOଶ                                   (1) 

Betaine aldenyde +  Oଶ + HଶO 
େ୦୭ଡ଼
ሱ⎯⎯ሮ  glycine betaine +  HଶOଶ                   (2) 

  

 Electrooxidizable interfering species existing in brain extracellular fluid such as dopamine 

(DA) and ascorbic acid (AA), which are larger than H2O2 and charged, are blocked from the 

electrode surface by the PPD and negatively charged Nafion films through a combination of size 

exclusion and charge repulsion mechanisms. The high specificity of ChOx for Ch provides 

selectivity against non-electroactive species other than Ch.22 

 Choline is a useful surrogate for the important neurotransmitter, acetylcholine (ACh), 

which is turned over very rapidly to Ch and acetate in the brain.23 Our group and others have 

demonstrated successfully the feasibility of such electroenzymatic Ch sensors with response times 

in the ∼1 s range for the detection of Ch both in vitro and in vivo.14,19,21,24 An alternative approach 

to achieve selective detection of Ach directly is to co-immobilize acetylcholinesterase and ChOx 
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on an electrode and to employ fast-scan cyclic voltammetry (FSCV) rather than constant potential 

amperometry. However, a FSCV sampling rate of 10 Hz (100 ms sampling interval) leads to an 

effective response time of ∼1 s as well (sampling at 10 Hz cannot resolve ∼100 ms events).25,26 

Such 1 s temporal response times still are not fast enough to detect rapid neurotransmitter signaling 

events that are thought to occur on the millisecond time scale. Furthermore, the previously 

published sensitivities are too low to create small microsensors with cellular-scale spatial 

resolution. 

 To address these challenges of spatiotemporal resolution, a mathematical model has been 

developed for devices of this type. Our previous glutamate (Glut) sensor modelling and 

experimental studies showed that performance can be improved dramatically by engineering the 

compositions and thicknesses of the immobilized enzyme and permselective film 

compositions.27,28 To construct an electroenzymatic sensor, the protein catalyst most commonly is 

immobilized by loading a mixture of enzyme and BSA on the microelectrode surface and 

crosslinking with glutaraldehyde (GAH).9,11,14,20,29–31 The resulting enzyme layer thicknesses 

typically have been in the 10 μm range to ensure adequate signal. Our simulation results suggested 

that such thick coatings cause elevated mass-transfer resistances leading to long response times.28 

If enzyme activity and accessibility could be preserved well during the immobilization process, 

the density of active enzyme in the layer could be increased so that layer thicknesses could be 

reduced with an actual enhancement in sensitivity. The systematic optimization of Glut sensors 

based on the guidance of our simulations led to a remarkable 6-fold improvement in sensitivity 

and a 10-fold reduction in response time to 80 ms.28 

 In this work, a model of electroenzymatic Ch sensors was developed and used to guide 

sensor optimization in the same manner as was done for Glut sensors previously.28 Simulations of 
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Ch sensors similarly illustrated the importance of depositing enzyme layers with optimal 

thicknesses, dependent on the active enzyme concentration, in order to maximize H2O2 generation 

near the electrode surface. Such an approach shortens diffusion times and improves sensor 

response. Retention of enzyme activity was enhanced by exploring additional enzyme crosslinkers 

and changes to the enzyme immobilization conditions. The optimized, thinner immobilized ChOx 

layer resulted in sensors with higher sensitivities approaching theoretical limits, significantly faster 

response times, low detection limits, and excellent selectivity. 

8.2 Experimental 

8.2.1 Reagents 

 Nafion (5 wt% in lower aliphatic alcohols and water, 15–20% water), m-phenylenediamine 

(PD), bovine serum albumin (BSA) lyophilized powder, choline oxidase (ChOx, from Alcaligenes 

sp.), choline chloride (Ch), glutaraldehyde solution (25% in water, GAH), L-ascorbic acid (AA), 

3-hydroxytyramine (dopamine, DA), sodium phosphate dibasic, sodium chloride, and hydrogen 

peroxide solution (30%) were purchased from Sigma-Aldrich (St Louis, MO). Sulfuric acid (30%), 

hydrochloric acid (36.5–38%), bis(sulfosuccinimidyl)suberate (BS3), sulfo-(ethylene glycol bis 

(sulfosuccinimidyl succinate)) (EGS), and (1-ethyl-3-(3-dimethylaminopropyl) carbodiimide 

hydrochloride) (EDC) were purchased from Thermo Fisher Scientific (Pittsburgh, PA). Ag/AgCl 

glassbodied reference electrodes with NaCl electrolyte (3 M) and a 0.5 mm-diameter Pt wire 

auxiliary electrode were obtained from BASi (West Lafayette, IN). Sodium phosphate buffer (PBS, 

pH 7.4) was composed of 50 mM sodium phosphate dibasic and 100 mM sodium chloride. Four-

inch, 150 μm silicon wafers were purchased from Silicon Valley Microelectronics (Santa Clara, 

CA). 
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8.2.2 Instrumentation 

 Electrochemical preparation and calibration of the microsensors were performed using a 

Versatile Multichannel Potentiostat (model VMP3) equipped with the ‘p’ low current option and 

N’Stat box driven by EC-LAB software (Bio-Logic USA, LLC, Knoxville, TN) in a three-

electrode configuration consisting of the sensing electrode, a Pt wire auxiliary electrode, and a 

Ag/AgCl reference electrode. The film thicknesses on microelectrodes were determined by milling 

pores on the deposited films using a focused ion beam (FIB) and measuring cross-section 

thicknesses using a scanning electron microscope (Nova 600 SEM/FIB System).  

8.2.3 Sensor preparation 

 Figure 8.1 shows a scanning electron micrograph (SEM) and optical microscopy image of 

the microelectrode array (MEA) tip of a single probe used in this work. The probe shafts were 150 

μm thick, 140 μm wide and 9 mm long with four 6000 μm2 (40 μm × 150 μm) Pt recording sites 

arranged in pairs at the tip. Microelectrode array probes were manufactured using 

microelectromechanical system (MEMS) fabrication techniques as described in our previous 

work.11 Each microsensor was cleaned with 0.1 M H2SO4 solution by cycling the potential between 

−0.2 V and 1.5 V at a scan rate of 50 mV s−1 vs. Ag/AgCl, repeated at least 4 times. Afterward, a 

poly-phenylenediamine (PPD) film was electrodeposited from a 5 mM PD solution in phosphate-

buffered saline (0.1 M PBS) by holding the voltage constant at 0.85 V vs. Ag/AgCl until the total 

transferred charge reached 7.6 × 10−7 coulombs. A Nafion layer then was applied by dip-coating a 

2% Nafion solution (diluted from stock with 4 : 1 IPA : water) once, followed by annealing at 

115 °C for 20 min. Next, enzyme immobilization was accomplished by manually swiping ∼1 μL 

of a ChOx and BSA mixture (at different ratios, see below) onto the microelectrode sites using a 

microliter syringe and exposing the deposit to different crosslinkers, also as described below. 
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Twelve to 15 coatings of enzyme solution typically give a ∼4 μm thick ChOx layer on the electrode 

surface, depending on solution concentration and environmental conditions. 

 

 

Figure 8.1. (a) SEM and (b) optical microscopy images of the bare microelectrode array (MEA) 
probe. (c) Optical microscopy image of the MEA probe after polymer and enzyme deposition. 
 

 In this work, four different crosslinkers, including three amine-to-amine crosslinkers with 

different spacer arm lengths (GAH, BS3, EGS) and one carboxyl-to-amine crosslinker (EDC), 

were used and compared. Each set of crosslinking conditions was optimized individually before 

making comparisons. A previously loaded ChOx/BSA mixture was exposed to 5% GAH vapor for 

1 min at room temperature or to manually applied ∼0.5 μL BS3 (100 mg ml−1 in PBS) or ∼0.5 μL 

EGS (100 mg ml−1 in PBS). Alternatively, when EDC was used as crosslinker, EDC was mixed 

directly with ChOx and BSA to give a final EDC concentration of ∼6.3 mg ml−1 in PBS prior to 

rapid application onto a microelectrode. After the crosslinking step, sensors were stored dry at 4 °C 

for 48 h prior to testing. 

8.2.4 Electrochemical measurements 

 To determine the selectivity and sensitivity, a constant potential of 0.7 V vs. Ag/AgCl was 

applied to the microsensors in rapidly stirred PBS buffer solution at pH 7.4 and ∼37 °C. Selectivity 
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was assessed relative to AA and DA, which are electroactive interferents commonly found in brain 

extracellular fluid (ECF). Their typical concentrations in ECF are in the range of a few hundred 

μM for AA and from nM to a few μM for DA.32,33 In selectivity tests, the current signal from a 

probe immersed in stirred buffer was allowed to stabilize. Subsequently AA and DA were added 

separately to the beaker to reach final concentrations of 250 μM AA and 10 μM DA. Next, serial 

injections were made to give final concentrations of 20–100 μM Ch and 20 μM H2O2 to determine 

sensitivities to both species. The response time (t0–90%) of Ch sensors was estimated from the 

current response to a near step change in concentration created by analyte injection into rapidly 

stirred PBS buffer. 

8.2.5 Mathematical model and simulations 

 Simulations of sensor performance were generated using an adaptation of our established 

model for electroenzymatic glutamate (Glut) sensors that was modified to include ChOx 

rather than glutamate oxidase in the immobilized enzyme coating.28,34 In the model, a set of partial 

differential equations describe one-dimensional transport as well as consumption or generation 

rates of Ch, O2, and H2O2 within and between separately modelled PPD, Nafion, and immobilized 

enzyme domains, 

 

𝜀௜
డ஼೔

డ௧
=  −𝛼௝𝐷௜

డమ஼೔

డ௫మ
+  𝑟௜,௝                                                       (3) 

 

 In each equation for species i in coating j, Ci is the concentration within the pores of the 

coating, t is time, x is the distance from the Pt microelectrode surface, εj is the void fraction, αD is 

the effective diffusivity, and r is the reaction rate (if enzyme is present). In these equations, each 
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chemical species is allowed to diffuse freely within the void spaces of the coatings in which they 

are soluble, as defined by the transport parameters that were used in the Glut sensor model, 

assuming them to be unchanged; the Ch diffusion coefficient at 25 °C has been reported,35 and the 

diffusivity at 37 °C (1.816 × 10−9 m2 s−1) was calculated according to the Stokes–Einstein equation. 

It is also assumed that the H2O2 electrooxidation kinetics on the Pt microelectrode sensing sites is 

also unchanged from that used previously.36 Enzymatic reaction rates reflect ChOx kinetics for 

the full oxidation of Ch to glycine betaine, recognizing that the betaine aldehyde intermediate does 

not leave the enzyme active site, 

 

𝑟௖௛ =  
௞೎ೌ೟௖೐௖಴೓௖ೀమ

௞೘,ೀమ௖಴೓ା௞೘,಴೓௖಴೓ା ௖಴೓௖ೀమ

= 2𝑟ைమ
                                               (4) 

 

 Since the measured kinetic rates for ChOx isolated from Alcaligenes sp. are for air-

saturated concentrations of O2 (∼206 μM) and do not account for oxygen dependence,37 which is 

important to consider in modelling biosensors, O2 kinetics terms were added and the published, 

apparent kcat and km,Ch were multiplied by a factor of (1 + 𝑘௠,ைమ/௖ೀమ
) to give the kcat and 

km,Ch in the rate equation above and to reflect the intrinsic, O2- dependent rates (𝑘௠,ைమ
 was assumed 

to be 1 mM). The resulting enzymatic rate constants were found to be consistent with values found 

from ChOx isolated from A. globiformis at the temperature and pH used (kcat = 95 s−1; km,Ch = 

5.07 mM; km,O2 = 1 mM),38 suggesting that ChOx isolated from either organism may show similar 

kinetic behavior. The enzyme concentration (mol L−1) depends on the fraction of ChOx in the layer 

and the void fraction, and was calculated in the same way as in the Glut model based on a protein 

density of 1.41 g mL−1: ce = [1000 × 1.41 × fChOx × (1 − ε)]/MWChOx, where fChOx is the mass 

fraction of protein in the immobilized enzyme layer that is ChOx. Numerical solutions were 
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obtained using COMSOL (COMSOL, Inc., Los Angeles), employing boundary conditions that 

simulate a step-change in Ch concentration from 0 to 20 μM at the microsensor surface at time, t 

= 0. 

8.3 Results and discussion 

8.3.1 Effect of enzyme loading and activity 

 In an effort to improve enzyme activity retention, the alternative homobifunctional 

crosslinkers BS3 and EGS (that like GAH also react with amine groups at neutral pH) were studied. 

We demonstrated earlier that Glut sensors made with enzyme crosslinked with BS3 showed great 

improvement in sensitivity compared to those crosslinked with GAH, probably due to the longer 

spacer arm of BS3, 11.4 Å vs. 5 Å.28 In this work, in addition to BS3 and GAH, the crosslinker, 

EGS, with the longest spacer arm of 16.1 Å was used in order to explore further the effect 

crosslinker spacer arm length on resulting sensor performance. Before making a comparison 

among these three reagents, crosslinking conditions were investigated individually by varying 

crosslinker concentrations and vapor exposure times to find the best conditions for use of the 

reagent for Ch sensor fabrication. Representative EGS optimization data is illustrated in Figure 8.2 

(b), which shows that above ∼100 mg mL−1 EGS, there is no statistically meaningful improvement 

in sensor sensitivity. 
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Figure 8.2. (a) Ch sensitivity comparison between GAH, BS3 and EGS crosslinked Ch sensors 
with error bars giving 95% confidence intervals. (b) Effect of EGS concentration on the Ch 
sensitivity. In all cases, the mass ratio of ChOx to BSA was 2 : 3 and the enzyme layer was ∼3–4 
μm thick. 
 

 After this optimization process, Ch sensors made with BS3-crosslinked ChOx showed the 

greatest sensitivity relative to those crosslinked with GAH or EGS, 557 ± 99 nA μM−1 cm−2 (n 

= 11), 409 ± 59 nA μM−1 cm−2 (n = 12) and 351 ± 101 nA μM−1 cm−2 (n = 4), respectively. This 

∼1.5-fold improvement in sensitivity of Ch sensors crosslinked with BS3 compared to those 

crosslinked via GAH agrees with our previous work on Glut sensor optimization.28 However, it 

was interesting to observe the decrease in Ch sensitivity when the longest crosslinker, EGS, was 

used. We hypothesize that spacer arm length not only affects the accessibility of substrate to the 
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enzyme active site, but also the void fraction within the enzyme layer and the concentration of 

active enzyme entrapped in the BSA/ChOx network. The optimal crosslinker will immobilize 

ChOx as densely as possible without becoming a barrier to diffusion or restricting any enzyme 

conformational changes that may occur during catalysis. The moderate length of the BS3 spacer 

arm may be preferable, because such a length (11.4 Å) is long enough to reduce enzyme crowding 

and improve active site accessibility, but also short enough to maintain a stable, high enzyme 

concentration in the crosslinked BSA/ChOx network. 

 The effort to improve Ch sensor performance was carried further by conducting a study of 

the effect of deposited enzyme concentration on sensor performance, which can be performed 

straightforwardly by changing the relative proportion of ChOx and BSA without changing enzyme 

layer thickness of ∼3–4 μm. The mass fraction of ChOx (fChOx) was varied from 0.2 to 0.8 for the 

sensors coated with PPD and Nafion and crosslinked with BS3. The experimental Ch sensitivity 

versus fChOx plot showed that Ch sensitivity tends to fall above fChOx = ∼0.4 and drops to zero at 

high enzyme concentration corresponding to fChOx = 0.8 (Figure 8.3). It is noteworthy that this 

general trend also was observed for GAH- and EGS-crosslinked Ch sensors. For the thin enzyme 

layers explored here, a decrease in Ch sensitivity at low fChOx was expected due to insufficient 

active enzyme available to turnover Ch at the high rate needed for a strong current signal. However, 

high relative enzyme concentration (low BSA concentration) also was found not to be preferable. 

This result again matched our previously published data on Glut sensor optimization showing that 

there are insufficient lysine groups available for crosslinking of the protein layer at low relative 

concentrations of lysine-rich BSA (Figure 8.3). 
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Figure 8.3. Effect of immobilized ChOx concentration on the Ch sensitivity of sensors crosslinked 
via BS3 (grey trace) and sensors crosslinked via EDC (orange trace). In all cases, the enzyme layer 
thickness was ∼3–4 μm. Error bars represent 95% confidence intervals. 
 

 These consistent results prompted us to consider crosslinkers that react with carboxyl 

groups of which ChOx has an abundance on its surface. The heterobifunctional crosslinker, EDC, 

which crosslinks carboxyl and amine groups, was chosen due to its ready commercial availability. 

The mass fraction of ChOx was varied from fChOx = 0.2 to fChOx = 1.0 and the experimental results 

are shown as the orange trace in Figure 8.3. This amine-to-carboxyl crosslinker enabled the stable 

immobilization of ChOx in the absence of BSA (fChOx = 1.0). This data supports our unsurprising 

contention that the availability of crosslinkable functional groups on the enzyme surface plays an 

important role in stable enzyme immobilization at higher concentration. However, a decrease in 

Ch sensitivity at high enzyme concentration was still observed, which may be due to hindered 

accessibility of the enzyme active site and/or increased enzyme deactivation as more EDC, which 

has a very short spacer arm, reacts directly with ChOx instead of BSA. Overall, sensors crosslinked 

with EDC showed lower Ch sensitivity of 435 ± 27 nA μM−1cm−2 (n = 6) compared to those 
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crosslinked with BS3 at optimal values of fChOx. As a result, the BS3 crosslinked sensor with fChOx 

= 0.4 was chosen for future work due to its best sensitivity. 

8.3.2 Optimized enzyme layer thickness 

 Figure 8.4 shows Ch sensitivity for varied thicknesses of the enzyme layer, using the 

optimal fChOx of 0.4 and best crosslinker (BS3). As expected, Ch sensitivity decreased sharply 

for enzyme layer thicknesses less than 3 μm due to insufficient deposited enzyme. Sensitivity 

reached a plateau as enzyme layer thickness increased beyond ∼4 μm. Since response time is 

known to increase with layer thickness, a ChOx layer thickness of 4–6 μm was determined to be 

best to ensure both high Ch sensitivity and fast response time. The plateau in sensitivity for enzyme 

layers more than 3 μm thick may be due to the counterbalancing effects of greater enzyme 

availability and increasing mass-transfer limitation as the enzyme layer is thickened. 

 

 

Figure 8.4. Sensitivity versus immobilized ChOx layer thickness. In all cases, fChOx = 0.4. All 
sensors were crosslinked with BS3. Each data point represents one trial. 
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8.3.3 Optimized sensor performance 

 The sensitivity of the best Ch sensor constructed was based on the slope of the linear range 

of calibration curves (0–100 μM Ch), and the detection limit was determined at a signal-tonoise 

ratio of 3. Ch sensors generated with optimal enzyme layer composition fChOx = 0.4, crosslinked 

with BS3, and with enzyme layer thickness in the 4–6 μm range showed high Ch sensitivity of 658 

± 40 nA μM−1cm−2 (n = 20), low detection limit of 0.34 ± 0.06 μM (n = 20), and excellent 

selectivity against two common interferents, AA and DA, tested at physiologically relevant 

concentrations (Figure 8.5). This detection limit is suitable for detecting Ch transients in the brain, 

which have been reported in the range of 0.5–2 μM in response to behavioural cues and up to ∼6 

μM following KCl injections.39,40 

8.3.4 Response time 

 Response time is defined here as the time for the current signal to reach 90% of its steady-

state value in response to a step change in Ch from zero to 60 μM in a stirred beaker. Compared 

to other sensors in the literature that reported response times of Ch sensors of ∼1 s,14,19 our 

improved sensor with thinner enzyme and permselective layers showed fast response time of 0.36 

± 0.05 s (n = 8) without compromising sensitivity and selectivity (Figure 8.6). The very rapid 

response of bare Pt to 10 μM H2O2 is also shown in Figure 8.6 as a benchmark, which is close to 

a step as expected. A comparison of the performance of reported Ch sensors illustrates the 

remarkably improved sensitivity and response time of the sensor reported here (Table 8.1). 
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Figure 8.5. Representative current responses of optimized Ch sensors tested in batch with key 
interferents AA (250 μM), DA (5 μM), target Ch (final 20, 40, 60 μM in solution), interferent DA 
(final 15 μM in solution), H2O2 (20 μM) and Ch (final 100 μM in solution) in series.  
 

 

 

Figure 8.6. Representative optimized Ch sensor response to a step-change in Ch concentration 
from 0 to 60 μM (blue trace) and a step-change in H2O2 for a bare Pt sensor (orange trace) serving 
as a benchmark. 
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Table 8.1. Comparison of the performance characteristics of the Ch sensor of this work with other 
recently reported electroenzymatic Ch sensors. 

Sensitivity  
(nA mM-1 cm-2) 

Response 
time (s) 

Limit of 
detection (mM) 

Reference 

654 0.35 0.34 This work 

354 2 0.45 41 

286 1.5 1.00 14 

204 4 0.60 42 

128 1.16 0.12 19 

75 2 15.00 43 

 

8.3.5 Stability 

 The stability of the Ch sensor in vitro was expressed as half-life, the amount of time 

required for the sensitivity to be reduced to one half of its original value, for sensors stored in PBS 

at 4 °C and tested periodically at 37 °C. The decay in sensitivity over time, nondimensionalized 

relative to the initial sensitivity, is shown in Figure 8.7. Results showed that Ch sensors crosslinked 

with BS3 (n = 4) had longer half-lives on average than those crosslinked conventionally with GAH 

(n = 4), which were ∼11 days and ∼8 days, respectively. After 2 weeks, the GAH-crosslinked Ch 

sensors exhibited less than 10% of initial sensitivity, whereas BS3-crosslinked Ch sensors retained 

40% sensitivity over the same time period. The fast decrease in Ch sensitivity after 2 weeks for 

GAH-crosslinked sensors is likely due to the instability of the immobilized enzyme layer, which 

was readily observed under the microscope. We hypothesize that the smaller GAH is more likely 
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to form intramolecular bonds that do not contribute as well to a more stable three-dimensional 

network.31 

 

 

Figure 8.7. Stability of GAH-crosslinked (blue trace) and BS3-croslinked (orange trace) Ch 
sensors stored in PBS at 4 °C and tested periodically at 37 °C. Data shown with 95% confident 
intervals (n = 4 for both cases). 
 

8.3.6 Simulations to determine theoretical performance limits 

 Simulations of optimized Ch sensors (Figure 8.8) predict the maximum theoretical 

sensitivities of sensors with the required permselective films, and the enzyme layer thicknesses 

and compositions that were tested experimentally. The fraction of active ChOx is expected to 

decrease upon immobilization and over time, prompting simulations to consider how sensitivity is 

affected when fChOx drops below 0.4. Experimental data suggest that fChOx is significantly reduced 

after immobilization, consistent with simulations and optimizations of Glut sensors.28 In Ch 

sensors, experimental maximum sensitivities are consistent with a simulated fChOx of 0.2. 
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Comparison of experimental performance to theoretical predictions may suggest that sensors 

perform as though they have a thinner enzyme layer; this could be explained by considering the 

roughness of the immobilized enzyme layer’s surface, which can result in a lower effective 

thickness.  

 

 

Figure 8.8. Simulated sensitivity over a range of ChOx layer thicknesses and fChOx within the 
layer. Experimental values included for reference. 
 

 Simulated response times increased linearly with increasing enzyme layer thicknesses as 

expected, but simulations also predict that response time could be as fast as 0.048 s for sensors 
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with an enzyme thickness of 5 μm rather than the 0.35 s found experimentally. Model 

modifications could be made to increase simulated response times without affecting sensitivity by 

incorporating in the model an accounting of Ch adsorption to protein surfaces. The likelihood of 

this type of interaction is supported by experimental data showing reduced response times for later 

additions of Ch (Figure 8.6), when more of the proposed Ch binding sites may already be filled. If 

this is true, it is likely that in vivo response times will approach the theoretical response times, 

which are significantly faster than those observed in vitro, although further work would be required 

before making definitive conclusions. 

 Oxygen dependence was investigated by simulating sensor response to varying O2 and Ch 

concentrations. The linear range of the sensor was found to be determined linearly by the 

bulk concentration of O2 for concentrations of Ch at least as high as 200 μM, where the 

concentration of O2 must be >60% of the Ch concentration for >90% of the maximum sensor 

response or >150% of the Ch concentration for full sensor response. Since the concentration of O2 

in the brain is known to range from ∼5 to 50 μM, it is plausible for Ch sensors to begin showing 

nonlinearity in vivo at Ch concentrations in the range of 10 to 100 μM, depending on O2 

availability. 

8.4 Conclusions 

 A detailed mathematical model has been developed for an electroenzymatic Ch sensor to 

guide the optimization of sensor construction. Model simulations showed the importance of 

maximizing active enzyme concentration in the immobilized layer and predicted the optimal 

enzyme thickness to ensure both high sensitivity and fast response time. Therefore, an 

experimental optimization was conducted whereby enzyme activity retention is first improved 
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followed by an optimization of immobilized enzyme layer thickness. Such an approach resulted in 

a significantly improved Ch sensor with a 4–6 μm-thick crosslinked ChOx layer on a 200 nm-thick 

underlying permselective coating of PPD and Nafion, which shortened diffusion times and 

enhanced H2O2 generation near the electrode surface. This design modification led to unprecedent 

Ch sensitivity of 654 ± 40 nA μM−1 cm−2 (n = 20) and fast response time of 0.36 ± 0.05 s (n = 8) 

without compromising selectivity. The improved Ch sensors provide greater flexibility to fabricate 

more densely arrayed MEAs comprised of near-cellular-scale sensing sites. Such MEAs will 

facilitate better resolution of choline transients reflective of acetylcholine signals and better 

correlation of neurotransmitter signaling with electrophysiological activity. 
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Chapter 9: Implantable Aptamer–field-effect Transistor Neuroprobes for in 

Vivo Neurotransmitter Monitoring 

Chapter 9 is a manuscript published with the following citation: 

Zhao, C., Cheung, K.M., Huang, I.W., Yang, H., Nakatsuka, N., Liu, W., Cao, Y., Man, T., 
Weiss, P.S., Monbouquette, H.G. and Andrews, A.M., 2021. Implantable aptamer–field-effect 
transistor neuroprobes for in vivo neurotransmitter monitoring. Science Advances, 7(48), 
p.eabj7422. 
 

ABSTRACT 

 While tools for monitoring in vivo electrophysiology have been extensively developed, 

neurochemical recording technologies remain limited. Nevertheless, chemical communication via 

neurotransmitters plays central roles in brain information processing. We developed implantable 

aptamer–field-effect transistor (FET) neuroprobes for monitoring neurotransmitters. Neuroprobes 

were fabricated using high-throughput microelectromechanical system (MEMS) technologies, 

where 150 probes with shanks of either 150- or 50-μm widths and thicknesses were fabricated on 

4-inch Si wafers. Nanoscale FETs with ultrathin (~3 to 4 nm) In2O3 semiconductor films were 

prepared using sol-gel processing. The In2O3 surfaces were coupled with synthetic oligonucleotide 

receptors (aptamers) to recognize and to detect the neurotransmitter serotonin. Aptamer-FET 

neuroprobes enabled femtomolar serotonin detection limits in brain tissue with minimal biofouling. 

Stimulated serotonin release was detected in vivo. This study opens opportunities for integrated 

neural activity recordings at high spatiotemporal resolution by combining these aptamer-FET 

sensors with other types of Si-based implantable probes to advance our understanding of brain 

function. 
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9. 1 Introduction 

 Determining how information is encoded in brain function is at the heart of neuroscience. 

Discoveries in brain information processing lead to improved understanding of healthy brain 

function and the etiologies of neurological and neuropsychiatric disorders (1–6). Decoding neural 

function requires advanced technologies to make multiplexed measurements that approach the 

spatial scales and temporal dynamics of chemical neurotransmission. Implantable neural recording 

probes have emerged as powerful tools to monitor brain activity with high spatiotemporal 

resolution (7–9). Efforts in implantable electrode development have focused on monitoring 

electrical signals, which can be sorted and analyzed to decode spiking activity in single neurons 

(10, 11). With recent innovations in micro- and nanofabrication, materials science, surface 

functionalization, and electrical engineering, implantable neural devices have become more 

sophisticated so as to have increased densities of recording elements with reduced sizes (12–19). 

Recently, up to ~1000 electrophysiological recording units have been integrated into single 

neuroprobes of <100-μm width (16, 20). 

 We developed aptamer–field-effect transistor (FET) biosensors for electronic small-

molecule detection under high ionic strength conditions (21–23). We used nanoscale In2O3 

semiconducting films (3 to 4 nm) as an ultrasensitive platform for biosensing. Aptamers selected 

for specific target recognition were coupled to the semiconductor surfaces of FETs (23). 

Conformational changes of the negatively charged aptamer backbones occur upon target capture. 

The subsequent surface charge redistribution is detected by the voltage-gated semiconductor. This 

sensing mechanism is independent of the charge or electrochemical properties of the analytes 

themselves and thus represents a universal approach for monitoring small molecules (23). 
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 We detected a number of different targets in complex physiological environments using 

aptamer FETs, including the neurotransmitters serotonin and dopamine, glucose, and the amino 

acid phenylalanine (21–24). Because of the high selectivity of the aptamers we use, aptamer-FET 

biosensors recognize their specific targets but not structurally similar molecules. We recently 

reported the real-time and simultaneous detection of serotonin and dopamine using aptamer-FET 

biosensor arrays, establishing a foundation for multiplexed monitoring of brain neurotransmitters 

and other targets (21). Here, we advance our approach by designing, fabricating, and testing 

implantable aptamer-FET neuroprobes to monitor the small-molecule neurotransmitter serotonin. 

We investigated device functionality in vitro, ex vivo, and in vivo (scheme shown in Figure 9.1). 

We designed Si-based neuroprobes with In2O3 FETs on the shank tips (Figure 9.1, A and B). 

Serotonin aptamers were functionalized on the In2O3 surfaces of the FETs to detect serotonin. We 

show that aptamer-FET neuroprobes can monitor serotonin flux in vivo in real time. 

9.2 Results 

 A schematic illustration of the neuroprobe fabrication process is shown in Figure 9.2A. 

Here, microelectromechanical system (MEMS) technologies were used to produce neuroprobes in 

a high-throughput manner, where 150 probes were fabricated on each Si wafer. This fabrication 

process is compatible with conventional microfabrication processes, which is advantageous for 

integrating additional sensors and actuators previously fabricated on Si or other biomaterials (e.g., 

temperature, enzyme-based, photonic, and electrophysiology sensors, and optical and microfluidic 

actuators) (14, 16, 25–27). The MEMS fabrication approach enables the production of large 

numbers of devices needed for translation to neuroscience applications. 
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Figure 9.1. Schematic illustrations of the design and application of implantable aptamer-FET 
neuroprobes. (A) Layer-by-layer design of a neuroprobe with two FETs at the tip. Top to bottom: 
Parylene, Au electrodes, In2O3, the Si substrate, and a fully constructed neuroprobe. (B) Illustration 
showing released serotonin in the extracellular space monitored by an aptamer-FET neuroprobe 
(not to scale). (C) Illustration of a neuroprobe implanted in the brain of a mouse for in vivo 
neurotransmitter monitoring. 
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Figure 9.2. Neuroprobe fabrication and FET characterization. (A) Schematic illustration showing 
the neuroprobe fabrication process. (B) Photograph of a 4-inch Si wafer with 150 fabricated 150-
μm neuroprobes after deep reactive-ion etching but before individual probe release. (C) 
Photograph showing a released 150-μm-wide by 150-μm-thick neuroprobe next to a U.S. quarter 
dollar coin to illustrate neuroprobe size. (D) Scanning electron microscope (SEM) image of the 
shank and tip of a 150-μm wide by 150-m-thick neuroprobe with two staggered FETs. False colors 
show the parylene layer, Au electrodes, In2O3, and the Si substrate. (E) Schematic illustration of 
the solid-state measurement setup (layers not to scale). (F and G) Representative transfer and 
output characteristics for 60 μm–by–80 μm FETs, respectively. Photo credit: Chuanzhen Zhao, 
UCLA. 
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 Briefly, thin films of In2O3 were formed via sol-gel chemistry (28) by spin-coating an 

aqueous solution of indium (III) nitrate hydrate onto heavily doped 4-inch Si wafers (150-μm-thick 

p++ Si with 100-nm-thick SiO2 on top) (step 1 in Figure 9.2A). We used In2O3 as the 

semiconductor because of the straightforward fabrication of thin (~3 to 4 nm) layers that impart 

high sensitivity associated with high surface-to-volume ratios and stable performance in electrolyte 

solutions compared with other metal oxides [e.g., indium-gallium-zinc oxide (IGZO) or ZnO] (29–

31). The Au and Ti electrodes (30 and 10 nm thick, respectively) were then patterned on top of the 

In2O3 (step 2 in Figure 9.2A). In some cases, a thin layer of parylene (~1 μm) was coated on the 

probe surfaces to provide insulation of the interconnects (step 3 in Figure 9.2A). Parylene is a 

biocompatible and biostable material with excellent dielectric properties that is widely used in 

implanted medical devices, such as cardiac assist device and mandrel catheters (32, 33). The 

parylene layer at the tip of each probe shank was removed to expose the transistor area for sensing. 

Outlines of individual probes were defined using an additional photolithography step. Wafers were 

then etched through to release the probes (step 4 in Figure 9.2A). The fabrication process is 

described in detail in the Materials and Methods. 

 A 4-inch wafer with 150 probes is shown before the probe release step in Figure 9.2B. The 

entire wafer was semitransparent after the etching process used to define the probe outlines. A 

single probe is shown after release in Figure 9.2C. The neuroprobe shanks were characterized 

using scanning electron microscopy (SEM; Figure 9.2D). Pseudo-colors were assigned to different 

components, where parylene (dark yellow) is the insulating layer. The Au and Ti source and drain 

electrodes (yellow) were constructed in an interdigitated design to increase the channel width for 

higher sensitivity (23). The exposed Au in the interdigitated electrode region was insulated by an 

alkanethiol self-assembled monolayer, as described in the Materials and Methods. The In2O3 (light 
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blue, thin film without patterning in this fabrication process) was coated onto each 150-μm-thick 

Si wafer (gray). Each probe had an overall width of 150 μm, and two FETs (60 μm by 80 μm) 

were separated by 20 μm along the probe length and 10 μm across the probe width. 

 Solid-state measurements were carried out to test FET performance in a bottom-gate top-

contact configuration (Figure 9.2E). Representative transfer and output characteristics are shown 

in Figure 9.2, F and G, respectively. Each FET measured 80 μm by 60 μm, and the FET channel 

width/length was 200 μm/5 μm. These miniaturized FETs showed high current on/off ratios (Ion/Ioff) 

of ~108, comparable to our devices with millimeter dimensions (23). 

 For biosensing, FET-based neuroprobes were operated in electrolyte solutions via liquid 

gating. The FETs in electrolyte solutions showed improved transistor characteristics because of 

the high dielectric constant of physiological solutions (see equation and detailed explanation in the 

Supplementary Materials) (23). Two FETs were fabricated in a staggered configuration on the tip 

of each neuroprobe and were gated by a Ag/AgCl reference electrode (Figure 9.3A). A schematic 

of the liquid-gate transistor operation setup is shown in Figure 9.3B. Here, the electrical double 

layer formed in the electrolyte solution serves as the gate dielectric. Representative transfer and 

output characteristics are shown in Figure 9.3, C and D, respectively. The transfer curves of two 

different devices overlapped with minimal contribution from gate leakage currents (Figure 9.3C). 
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Figure 9.3. Neuroprobe biosensing in vitro. (A and B) Schematic illustrations of the liquid-gate 
measurement setup [layers not to scale in (B)]. (C) Representative transfer characteristics (IDS-
VGS; left) and leakage current (IGS-VGS; right) for two transistors (curves are overlaid) on a 
single probe in phosphate-buffered saline. (D) Representative transfer characteristics (IDS-VDS) 
at different gate voltages showing typical transistor behavior with saturation. (E) Schematic 
illustration showing the surface functionalization for In2O3 transistor channels. PTMS, 
trimethoxy(propyl)silane; APTES, (3-aminopropyl)triethoxysilane; MBS, 3-maleimidobenzoic 
acid N-hydroxysuccinimide ester. (F) Serotonin aptamer-FET response curve in artificial 
cerebrospinal fluid (aCSF). Error bars are SEM from N = 4 FETs. (G) Serotonin aptamer-
functionalized neuroprobe responses to biologically relevant concentrations of interferents versus 
serotonin in aCSF (100 nM): 100 μM l-5-hydroxytryptophan (l-5-HTP), 5-hydroxyindoleacetic 
acid (5-HIAA), dopamine (DA), l-tryptophan (l-Trp), 50 μM uric acid (UA), or 200 μM ascorbic 
acid (AA). Error bars are standard errors of the means for N = 4 FETs for serotonin and N = 3 
FETs for nontarget molecules. ***P < 0.005 versus nontargets. 
 

 To construct biosensors, thiol-terminated DNA aptamers were immobilized onto In2O3 

surfaces using (3-aminopropyl)triethoxysilane and 3-maleimidobenzoic acid N-

hydroxysuccinimide ester for linking (Figure 9.3E) (21, 23). In vitro serotonin detection was 

performed in artificial cerebrospinal fluid (aCSF), which mimics the ionic strength and 
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composition of the brain extracellular fluid (34). Aptamer-FET neuroprobes detected serotonin 

over a large concentration range (fM to μM; Figure 9.3F). We used calibrated responses to 

minimize device-to-device variations [information on calculations is provided in the 

Supplementary Materials (23, 35)]. The serotonin detection range on neuroprobes with 

micrometer-scale FETs was similar to that previously reported for FET sensors with mm2 

dimensions because of the quasi–two-dimensional In2O3 semiconductor channels used in the 

design of FETs of both sizes (23). 

 Neuroprobes were selective in detecting serotonin with respect to serotonin precursors (i.e., 

tryptophan and l-5-hydroxytryptophan), the major serotonin metabolite 5-hydroxyindoleacetic 

acid, the monoamine neurotransmitter dopamine, and uric acid and ascorbic acid, all of which 

coexist in extracellular fluid (Figure 9.3G; see table S1 for statistics). Some of these species are 

present in brain extracellular fluid at 1000 × greater concentrations than serotonin; all are potential 

interferents during in vivo sensing (23, 36, 37). The selectivity of aptamer-FET neuroprobes is 

intrinsic to the aptamers. For other neurochemical sensing platforms, such as fast-scan cyclic 

voltammetry or enzyme-based neural probes, nonspecific signals generated via the oxidation or 

reduction of interfering electroactive species or nonspecific H2O2 production, respectively, can 

complicate target-specific and multiplexed neurotransmitter detection (38). 

 Brain tissue is a complex biological matrix. Neurotransmitters diffuse from release sites 

through tissue to probe recording sites over at least a couple hundred micrometers. To test the 

function of neuroprobes in solid matrices that mimic the tortuosity of brain tissue, we used 10 to 

15% gelatin in aCSF to mimic the Young’s modulus and stiffness (39) and physiological ionic 

environment of brain tissue. Gelatin was cast in 48-well plates, where each well mimics the size 

of a mouse brain (~1 cm in diameter). As shown in figure. S1, a hole was templated into each 
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gelatin mold for the addition of serotonin (100 nM) to simulate neurotransmitter release and 

diffusion in the brain (Figure 9.4A). This concentration was chosen to represent a physiologically 

relevant serotonin concentration (34, 36, 40–42). 

 

 

Figure 9.4. In vitro and ex vivo neuroprobe serotonin sensing. (A) Schematic illustrations showing 
an in vitro experiment in a brain-mimicking solid matrix composed of gelatin in aCSF. (B) 
Calibrated responses after the addition of 100 nM serotonin over time. Error bars are standard 
errors of the means for N = 2 individual probes. *P < 0.05 versus 0- and 3-min time points. (C) 
Schematic illustration of the preparation of a brain tissue homogenate. Brains from Tph2-null mice 
were removed, and tissue was homogenized in aCSF. (D) Serotonin aptamer-FET response curve 
in brain tissue homogenates. The highlighted region represents serotonin concentrations in the 
extracellular space in vivo. Error bars are standard errors of the means for N = 3 individual FETs. 
 

 Data were collected immediately after the introduction of serotonin, and 3 and 12 min later 

(Figure 9.4B). There were significant increases in FET responses 12 min after serotonin addition 
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(see table S1 for statistics), demonstrating that the aptamer-FET neuroprobes detected diffusion-

related changes in serotonin levels with respect to time. We previously found that the response 

times of our aptamer-FET sensors are on the order of seconds (21, 23); the 12-min response time 

here is due to target diffusion over ~0.2 cm in the gelatin/aCSF matrix from the addition location 

to the recording site. 

 We tested neuroprobes in brain tissue ex vivo to assess their ability to operate in a complex 

biological matrix that more closely approximates the in vivo environment (figure S2). Brain tissue 

from Tph2-null mice lacking expression of the rate-limiting serotonin synthetic enzyme in the 

central nervous system (CNS) (43) was homogenized in aCSF to provide a tissue environment 

devoid of endogenous serotonin (Figure 9.4C). As shown in Figure 9.4D, serotonin added 

exogenously was detected via aptamer-FET neuroprobes over a concentration range similar to that 

recorded in aCSF (i.e., fM to μM), indicating that biofouling occurring during the measurement 

period of ~1 hour did not interfere with serotonin detection. The in vivo concentration of 

extracellular serotonin is highlighted (34, 36, 40–42), showing that the detection range of the 

aptamer neuroprobes in brain tissue covered the estimated extracellular serotonin concentration 

range (Figure 9.4D). The sensitivity and selectivity of the aptamer neuroprobes, in addition to the 

results from the gelatin and brain tissue homogenate experiments, illustrated the potential for in 

vivo studies. 

 To evaluate the in vivo capability of the neuroprobes, a sensing experiment was performed 

using electrical stimulation to release serotonin. Electrical stimulation is widely used in vivo to 

induce neurotransmitter release in the CNS (44). However, as the detection mechanism of FET-

based biosensors relies on aptamer and solution-ion charge redistribution near the semiconductor 

surface, external electrical stimulation could affect FET signals associated with target capture. To 
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test for electrical interference, neuroprobes were placed in phosphate-buffered saline (PBS) with 

stimulating electrodes, as shown in figure S3 (A and B). The IDS-VGS sweeps were collected 

before and after electrical stimulation (biphasic pulses of 300 A, pulse width of 4 ms, and 30 Hz 

for 5 s; figure S3C). The FET measurements after stimulation showed negligible differences 

compared to measurements before stimulation, suggesting little influence of the electrical 

stimulation on signals measured from the aptamer-FET neuroprobes. The different time scales for 

neurochemical versus endogenous electrophysiological events likely preclude our sensors, with 

temporal resolution on the order of seconds, from nonspecifically detecting neurotransmitter-

evoked changes in local field potentials (~100 ms). 

 An in vivo experiment was conducted in a female mouse that constitutively lacked 

serotonin transporter expression. The serotonin transporter takes up serotonin from the 

extracellular space. Mice that do not express this transporter have higher basal and stimulated 

serotonin levels (34, 41). The mouse was acclimated over a number of days of behavior training 

to being head-fixed (5, 45). A schematic of the experiment is shown in Figure 9.5A. Photographs 

of the experiment are shown in Figure 9.5B, where a neuroprobe, Ag/AgCl reference electrode, 

and stimulating electrode are shown implanted into the brain of the mouse. The stimulating 

electrode was located just above the brain stem serotonin cell bodies. The neuroprobe was 

implanted into the striatum where serotonin axons project (41). Electrical stimulation of serotonin 

cell bodies releases serotonin in the striatum (Figure 9.5C). Detailed information is included in the 

Materials and Methods. 

 After implantation, we tested device functionality by collecting transfer curves (IDS-VGS) 

from the FETs. As shown in Figure 9.5D, the transfer curves showed typical FET characteristics. 

Three overlapping transfer curves were collected immediately before electrical stimulation, 
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showing that the biosensors were relatively stable when implanted in the brain without observable 

drift over short times. For in vivo serotonin measurements, prestimulus measurements were made 

followed by electrical stimulation and determination of serotonin release. Increases in FET-

calibrated responses after electrical stimulation were observed, indicating that the neuroprobe 

having a FET functionalized with a serotonin-specific aptamer detected increases in serotonin after 

stimulation (Figure 9.5, E and F, and figure S4). Representative continuous calibrated responses 

are shown in figure S4 for the 1-min period before stimulation (basal levels) and 1 min after 

stimulation. As summarized in Figure 9.5 (E and F), aptamer-FET biosensors differentiated basal 

and stimulated serotonin levels, suggesting minimal sensor drift over the measurement period. We 

previously carried out continuous real-time IDS monitoring under constant voltage bias, where 

aptamer FETs showed stable signals over 20 min with little drift (21). Here, the temporal resolution 

is limited by the measurement instrument, which takes ~5 s for each gate voltage sweep. We 

previously showed ~2-s temporal resolution in real-time IDS measurements (21, 23). 

 In mice lacking the serotonin transporter, clearance of extracellular serotonin depends on 

diffusion and uptake by low-affinity transporters (e.g., dopamine, plasma membrane monoamine, 

or organic cation transporters) (46–48). Thus, the clearance time of extracellular serotonin is 

prolonged in mice lacking high-affinity serotonin uptake (49, 50). This slower clearance process 

(figure S4) is consistent with the time course of electrically stimulated serotonin release after 

pharmacologic inhibition of serotonin transporters determined by fast cyclic square-wave 

voltammetry (36). 
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Figure 9.5. In vivo serotonin monitoring using an aptamer-FET neuroprobe. (A) Schematic 
illustration and (B) photographs of an in vivo experiment, where the neuroprobe, Ag/AgCl 
reference electrode, and stimulator were implanted into the brain of a head-fixed mouse. (C) 
Schematic illustration of stimulation and recording sites. The stimulating electrode was implanted 
into the serotonin cell-body region, and the neuroprobe was implanted into a serotonin terminal 
region in the striatum. (D) Three consecutive overlapping output sweeps (IDS-VGS) in vivo, 
where VGS was swept from 100 to 350 mV, while VDS was held at constant 10 mV. (E) Calibrated 
responses and (F) areas under the curves for in vivo determination of basal and post-electrical 
stimulation levels from the same mouse, respectively (VGS = 300 mV). Error bars in E. and F. are 
standard errors of the means. **P < 0.01 versus basal. Photo credit: Kevin M. Cheung, UCLA. 
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 The 150-μm Si probes showed promising in vivo results. Nonetheless, rigid Si-based 

devices are less desirable for long-term recordings because of the inflammatory responses they 

evoke (51–53). One strategy to improve the biomaterial interface is to reduce stiffness by 

fabricating devices with reduced dimensions. The bending stiffness D is defined as  

D ∝ Et3                                                               (1) 

where E is the Young’s modulus and t is the thickness. Stiffness scales cubically with device 

thickness (52–54). Hence, we designed second-generation Si neuroprobes with dimensions 

reduced by two-thirds (i.e., 50-μm thick and 50-μm wide) (Figure 9.6A). 

 

 

Figure 9.6. Fabrication and characterization of flexible 50-μm neuroprobes. (A) Schematic 
illustration comparing scaling between a 150-μm-thick and 150-μm-wide probe and a 50-μm-thick 
and 50-μm-wide probe. (B) SEM image of the shank and tip of a 50-μm neuroprobe showing a 
two-FET configuration. (C and D) Optical microscope images of 50-m probes. (E) Photographs 
showing a 50-m neuroprobe, which is stiff enough to penetrate a nitrile glove (top) yet can be 
easily bent (bottom). (F and G) Representative transfer and output characteristics in aCSF, 
respectively. (H) Serotonin aptamer-FET response curve in aCSF. Error bars are standard errors 
of the means for N = 4 individual 30 μm–by–50 μm FETs. Photo credit: Chuanzhen Zhao, UCLA. 
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 The fabrication process for the 50-μm neuroprobes was similar to the fabrication of 150-m 

probes except that a thinner 50-μm Si wafer was used for the former. The smaller probes are shown 

in Figure 9.6 (B to E), where two transistors (30 μm by 50 μm each) were patterned on the tip of 

each probe. The Si probes with reduced size maintained sufficient penetration stiffness yet showed 

flexibility (Figure 9.6E and movie S1). We previously demonstrated that flexible In2O3 FETs are 

stable even after many bending or crumpling cycles with minimal changes in mobility and device 

performance (21). The smaller FETs on the 50-μm probes showed typical transistor performance 

indicated by their transfer and output curves (Figure 9.6, F and G, respectively). We functionalized 

these smaller FETs with serotonin aptamers. Similar to larger aptamer FETs, the smaller versions 

showed serotonin sensitivity down to femtomolar concentrations. 

9.3 Discussion 

 We developed implantable aptamer-FET neuroprobes for in vivo neurotransmitter 

detection. Ultrathin In2O3 (~3 to 4 nm) with a high surface-to-volume ratio was prepared using a 

sol-gel process and used as the channel material in FETs. High-throughput MEMS technologies 

were used to fabricate 150 neuroprobes per 4-inch Si wafer, where each probe was 150 or 50 μm 

wide and thick at the shank. Aptamers were coupled to In2O3 surfaces to achieve selective detection 

of serotonin in the micromolar to femtomolar range in physiological environments (i.e., aCSF and 

brain tissue homogenates). We showed that neuroprobes were functional in vitro in gelatin/aCSF, 

a material that simulates a tissue matrix, in brain tissue, and under electrical stimulation conditions 

used to stimulate serotonin release in vivo. 

 The neuroprobes described represent a general strategy for monitoring neurochemicals in 

the brain. Previously, we showed that, in addition to serotonin, aptamer FET biosensors can be 
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used to detect dopamine, glucose, sphingosine-1-phosphate, and phenylalanine. Aptamers for 

other neurotransmitters have been reported (55, 56), and new, highly selective aptamers are being 

developed (e.g., norepinephrine, epinephrine, glutamate, -aminobutyric acid, and dynorphin). As 

we continue to identify and to characterize additional aptamers, we envision that our approach will 

enable multiplexed monitoring of many different neurotransmitters in the brain with high 

sensitivity and selectivity, regardless of their electroactivity or redox enzymes available for them. 

We briefly highlight the advantages of aptamer FET biosensors compared to other currently used 

neurochemical recording and imaging techniques in the Supplementary Materials (table S2). 

 Aptamer biosensors can be multiplexed because of the high selectivity of our aptamers and 

our ability to fabricate FETs at small scales and high densities (30). We recently developed 

multiplexed sensor arrays to monitor serotonin, dopamine, pH, and temperature simultaneously in 

real time (21). The capability to monitor multiple neurotransmitters will provide insights into the 

interplay between signaling pathways in the brain (57). We are developing multimodal 

neuroprobes with aptamer-FET sensors for neurotransmitter detection and metal electrodes for 

electrophysiological recordings. Advances in these directions will provide improve knowledge 

about fundamental brain function and the etiologies of neurological and neuropsychiatric disorders 

and are anticipated to accelerate discovery and deployment of improved treatment modalities for 

psychiatric and neurological disorders. 

 There are challenges remaining with the neuroprobe technology described. For example, 

while we have achieved temporal resolution on the order of seconds using aptamer-FET sensors 

(21, 23), subsecond temporal resolution will enable clearer understanding of the dynamic fluxes 

of neurochemicals and the information encoded therein. This advance requires the development of 

additional sensing algorithms and instrumentation. Along these lines, we can tune aptamer-target 
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affinities by altering aptamer stem lengths (23) or aptamer-target kinetics by stem destabilization 

(58). 

 For multiplexed neurotransmitter detection, it will be necessary to functionalize individual 

FETs on the same neuroprobe with different aptamers. Although we have demonstrated duplexing 

with two aptamers (21), it is challenging to functionalize individual microscale devices that are 

located close to one another. “Addressable” functionalization strategies include microcontact 

printing (59). Electroactive linkers have been demonstrated (60) and are under development for 

the addressable functionalization of small devices (~10 μm apart) with different aptamers. 

Moreover, we are developing custom hardware and software designed to monitor multiple FETs 

at the same time to overcome current instrumentation limitations. 

 While Si neuroprobes are generally suitable for acute experiments (e.g., hours), for chronic 

recordings, challenges arise because of immunological responses that occur after longer 

implantation times. The Young’s modulus mismatch between implanted devices and brain tissue 

produces inflammatory responses that interfere with biosensing (51, 61). Here, we report on 

neuroprobes with reduced dimensions (50 μm) and increased flexibility. Developing neuroprobes 

based on biocompatible and soft materials is an important ongoing research direction (21, 31). 

9.4 Materials and methods 

9.4.1 Materials 

 Prime quality 4-inch Si wafers (boron-doped P-type Si, 0.001 to 0.005 ohm/cm, thickness 

of 150 or 50 μm) were purchased from Silicon Valley Microelectronics Inc. (Santa Clara, CA, 

USA). All chemicals were purchased from Sigma-Aldrich Co. (St. Louis, MO), unless otherwise 

noted below. Oligonucleotides were obtained from Integrated DNA Technologies (Coralville, IA). 



150 
 

SYLGARD 184 for fabricating polydimethylsiloxane (PDMS) wells was from Dow Corning 

Corporation (Midland, MI). Water was deionized before use (18.2 megohms) via a Milli-Q system 

(Millipore, Billerica, MA). 

9.4.2 Neuroprobe fabrication 

 Aqueous solutions of 0.1 M indium (III) nitrate hydrate (99.999%) were spin-coated onto 

Si substrates at 3000 rpm for 30 s. The coated wafers were annealed at 100°C for 10 min and then 

at 350°C for 4 hours to form continuous In2O3 films. A photolithography process was applied to 

define the source and drain electrodes. Electrodes of 10-nm-thick Ti and overlaying 30-nm-thick 

Au films were fabricated using a CHA solution electron-beam evaporator (CHA Industries Inc., 

Fremont, CA) under high vacuum (10−8 torr) at an evaporation rate of 0.1 nm/s. A thin layer of 

parylene (~1 μm) was coated on probe surfaces using an SCS Parylene C coating system (Specialty 

Coating System Inc., Indianapolis, IN), defined photolithography, and then etched by oxygen 

plasma to expose the FETs on the neuroprobe tips. Another photolithographic treatment was 

performed to define the probe outlines. Deep reactive ion etching with the Bosch process was used 

to etch through silicon substrates using a Deep Silicon Etcher III (Plasma-Therm, Fremont, CA). 

 Probes on wafers or post-release were rinsed in ethanol and dried with N2 to clean their 

surfaces. After cleaning, (3-aminopropyl) triethoxysilane and trimethoxy(propyl)silane (1:9, v/v) 

were thermally deposited on In2O3 at 40°C for 1 hour and annealed at 60°C for 10 min. Source 

and drain interdigitated electrodes were insulated with a self-assembled monolayer by immersing 

into 1 mM ethanolic solutions of 1-dodecanethiol for 1 hour. Probes were immersed in a 1 mM 

solution of 3-maleimidobenzoic acid N-hydroxysuccinimide ester dissolved in a 1:9 (v/v) mixture 

of dimethyl sulfoxide and PBS (Gibco, Thermo Fisher Scientific, Waltham, MA) for 30 min. To 
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immobilize aptamers, probes were immersed in a 1 μM solution of thiolated DNA in PBS 

overnight. Probes were rinsed with deionized water and dried with N2 before measurements. 

9.4.3 In vitro and ex vivo experiments 

 Here, aCSF was prepared as per the detailed protocol in the supplemental information by 

Zhao et al. (24). For experiments in aCSF or tissue homogenates, PDMS wells were sealed on top 

of individual probes (not released from wafers) to hold aCSF and target solutions. The initial 

solution volume was 40 l. Serotonin was added in 1 l aliquots to produce increasing concentrations. 

After each addition, the solutions in the wells were gently mixed using a micropipette. 

 For gelatin experiments, a mixture of 10 to 15% gelatin (lot #H219; Mallinckrodt, St. Louis, 

MO) in aCSF (w/v) (24) was prepared first. The mixture was microwaved in 10-s increments (to 

avoid overheating) for ~1 min until the gelatin was completely dissolved. The clear solution was 

cast in 1-ml aliquots into 48-well plates (lot #CLS3548; Sigma-Aldrich Co., St. Louis, MO). A 

mold for holes was templated into the gelatin using a 0.125-inch-diameter metal wire (lot 

#7667A12; McMaster-Carr Supply Co., Atlanta, GA) for the addition of neurotransmitter solutions 

to simulate neurotransmitter release in the brain. The gelatin solution was kept at 4°C for ~12 

hours. Afterward, the metal mold was taken out carefully using tweezers. The Ag/AgCl gate 

electrodes for this experiment and the in vivo experiment were constructed of 0.010-inch-diameter 

Ag wire freshly coated with AgCl (A-M Systems, Sequim, WA) by immersing in a bleach solution 

(Clorox, Oakland, CA) for 5 min. A neuroprobe and a Ag/AgCl reference electrode were each 

implanted into a single well containing gelatin using tweezers before measurements. A 2-μl aliquot 

of 50 μM serotonin was added into each templated well containing gelatin for a final concentration 

of 100 nM serotonin. 
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 For ex vivo experiments, brain tissue lacking serotonin was obtained from Tph2 knockout 

mice (39). These mice lack the enzyme (tryptophan hydroxylase 2) needed to synthesize brain 

serotonin. Most serotonin in the brain is stored in synaptic vesicles. To prepare brain tissue 

homogenates, cell membranes are disrupted, releasing vesicular serotonin into the homogenates. 

Hence, the concentration of serotonin in homogenates is much higher than that occurring in vivo 

in the extracellular space. By using brain tissue from Tph2-null mice, we avoided effects of 

endogenous serotonin in homogenates. Mice were exsanguinated by cardiac perfusion, and brains 

were cleared of blood containing serotonin synthesized by peripheral tryptophan hydroxylase 1. 

The brains were then shipped to the University of California, Los Angeles (UCLA) on dry ice from 

the laboratory of D. Kuhn (Wayne State University, Detroit, MI). Brain tissue was stored at −80°C 

until use. Brain tissue collection procedures were approved by the Wayne State University 

Institutional Animal Care and Use Committee. 

 Brain tissue was homogenized in ice-cold aCSF [1:1 (w/v)] using a VirTis Virsonic 600 

ultrasonic cell disruptor (Gardiner, NY) with the microtip set at 4 with 50% duty for 30 to 40 1-s 

pulses. Commercially available Ag/AgCl reference electrodes (Super Dri-Ref, World Precision 

Instruments Inc., Sarasota, FL) were placed in the tissue homogenates above the FETs. All FET 

measurements, including the in vivo measurements described below, were performed using a 

Keithley 4200A-SCS (Tektronix, Beaverton, OR) semiconductor analyzer. Source-drain current 

(IDS) transfer curves were obtained by sweeping the gate voltage (VGS) from 100 to 350 mV, 

while maintaining the drain voltage (VDS) at 10 mV, which took ~5 s for each scan. Calibrated 

responses were calculated at 300 mV to minimize device-to-device variation, as previously 

described (23). 
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9.4.4 In vivo experiments 

 The Association for Assessment and Accreditation of Laboratory Animal Care 

International has fully accredited UCLA. All animal care and use met the requirements of the 

National Institutes of Health Guide for the Care and Use of Laboratory Animals, revised 2011. 

The UCLA Chancellor’s Animal Research Committee (Institutional Animal Care and Use 

Committee) preapproved all procedures involving animals carried out at UCLA. Mice were 

generated from a serotonin transporter–deficient lineage on a mixed CD1 × 129S6/SvEv 

background via heterozygous pairings. Two female serotonin transporter knockout mice 

(SERT−/−) were studied at 4 to 6 months of age. One mouse was used for a pilot study to determine 

biosensor and stimulating electrode experimental conditions. A second mouse was used to collect 

the data in Figure 9.5. Mice were housed in groups of four to five same-sex siblings per cage until 

head-bar implantation surgery, after which mice were individually housed. The light-dark cycle 

was set to 12 hours/12 hours with lights on at 0600. All testing was carried out during the light 

phase. Food and water were available ad libitum with the exception of experimental testing days. 

 Surgeries were carried out under aseptic conditions with isoflurane anesthesia on the Kopf 

Model 1900 Stereotaxic Alignment System (Kopf, Tujunga, CA). Beginning on the day of surgery, 

we administered the nonsteroidal anti-inflammatory drugs carprofen (subcutaneously daily at 5 

mg/kg for 3 days) and ibuprofen (0.25 mg/ml in the drinking water for 14 days), in addition to the 

antibiotic amoxicillin (0.25 mg/ml) in the drinking water for 14 days. Animals underwent a 

surgical procedure for head-bar implantation. A rectangular head-bar (9 mm by 7 mm by 0.76 mm; 

0.6 g, laser-cut from stainless steel at Fab2Order) for head fixation was attached to each side of 

the skull by C&B-Metabond (Parkell, Edgewood, NY) (14). After surgery, animals recovered for 

1 to 3 weeks. 
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 During recovery from head-bar implantation, subjects were trained to acclimate to head 

fixation by hand for 15 to 30 min per session × 1 to 2 sessions/day for a total 6 to 10 sessions. 

Afterward, a second surgery to make three craniotomies was carried out 24 to 48 hours ahead of 

in vivo recordings. A 2.5-mm-wide (medio-lateral) by 1.0-mm-long (anterio-posterior) piece of 

skull was surgically removed over the brain stem serotonin cell body region (centered at AP −4.48 

mm and ML ±0.00 mm from bregma) for the insertion of a stimulating electrode. A 1.5-mm-wide 

by 1.5-mm-long craniotomy aimed at the right striatum (centered at AP +0.80 mm and ML +0.80 

mm from bregma) was made for the insertion of an aptamer-FET neuroprobe. An additional 0.4-

mm-diameter hole (centered at AP +2.80 mm and ML −2.00 mm from bregma) was made on the 

left side of the skull for Ag/AgCl gate electrode implantation. 

 The dura was left intact over the surgery areas. The craniotomies were sealed with a thin 

layer of Kwik-Cast and Kwik-Sil (World Precision Instruments, Sarasota, FL). The entire surgery 

area was then secured with a thin top layer of C&B-Metabond. On the testing day, mice were 

transferred from their home cages and mounted to a head-fixed stage via their head-bars. Each 

subject was supported on a Styrofoam ball that served as a treadmill for the subject to engage 

freely in locomotion. 

 After a 10-min habituation period, the top layer of C&B-Metabond was carefully removed. 

The thin layer of Kwik-Cast and Kwik-Sil and the dura above the brain in the craniotomy areas 

were then removed using ceramic-coated Dumont #5 forceps (Roboz Surgical Instrument Co., 

Gaithersburg, MD). A Ag/AgCl gate electrode was manually lowered into the designated 

craniotomy site at 1.5 to 2 mm in depth. An untwisted two-channel tungsten stimulation electrode 

(Plastics One, Roanoke, VA) was lowered 3.5 mm from the skull level aimed at the serotonin cell 
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body region using a 10-μm precision manual micromanipulator (Narishige International, 

Amityville, NY). The stimulation electrode tips were 2.0 mm apart. 

 After another 10-min habituation period, a train of electrical stimulation pulses (biphasic 

300 A × 4 ms at 30 Hz for 5 s) was delivered, which evoked behavioral responses such as freezing, 

running, shaking, and a notable increase in breathing rate. If no behavioral response was observed, 

the stimulating electrode was lowered an additional 50 μm per step. Another train of stimulation 

was delivered with a >5-min interval. This process of locating the stimulating electrode continued 

until strong stimulation-induced behavioral responses were observed. After positioning, the 

stimulation electrode (dorso-ventral of −3.5 to −4.5 mm) remained in the same location throughout 

the experiment. 

 The source and drain electrodes of the aptamer-FET neuroprobes were connected with 

wiring using Ag epoxy (Ted Pella, Redding, CA) before functionalization (Figure 9.5B) (25). The 

FETs were then functionalized with the serotonin aptamer as described above. Source/ drain wires 

were connected directly to a Keithley 4200A semiconductor analyzer for measurements. An 

aptamer-FET neuroprobe was lowered to 1.0 mm above the brain surface by hand. A 1-μm 

precision motorized digital micromanipulator (MP-225; Sutter Instrument, Novato, CA) was then 

used to lower the probe slowly into the brain. A biphasic, 300-A, 4-ms, and 30-Hz waveform was 

then applied for 5 s to the stimulating electrode to evoke serotonin release. Sourcedrain current 

(IDS) transfer curves were obtained by sweeping the gate voltage (VGS) from 100 to 350 mV 

while maintaining the drain voltage (VDS) at 10 mV. Calibrated responses were calculated at 300 

mV to minimize device-to-device variation as previously described (23). Five baseline calibrated 

responses were collected before each stimulation. Calibrated responses were collected every 5 s 

over a period of ca. 60 s after each stimulation (figure S4). 



156 
 

 At each recording depth, two to four stimulation trains were delivered at 5- to 10-min 

intervals. The neuroprobe was lowered 50 to 150 μm per step for additional testing. Throughout 

the experiment, sterile saline was used to keep the exposed skull and brain moist. Sweetened 

condensed milk diluted with drinking water [1:2 (v/v)] was delivered to the subject every 2 to 3 

hours using a dropper. The overall health and behavioral responses to stimulation of the mice were 

closely monitored throughout the experiment. At the end of the experiment, both electrodes and 

the neuroprobe were removed. Subjects were euthanized, and the brains were prepared for 

histological verification of the positions of the stimulation and recording paths/sites. 

9.4.5 Data analysis 

 Data for selectivity testing and gelatin sensing were analyzed by one-way analysis of 

variance with Dunnett’s or Turkey’s post hoc tests, respectively. Areas under the curves for 

stimulation data were calculated by trapezoidal integration of seven stimulated serotonin 

measurements, which defined each stimulation peak. Baselines for integration were determined by 

a linear fit of five prestimulus points (basal). Data for in vivo responses were analyzed by two-

tailed paired t tests (GraphPad Prism 7.04, San Diego, CA). 
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ABSTRACT 

 Monitoring neurochemical signaling across time scales is critical to understanding how 

brains encode and store information. Flexible (vs stiff) devices have been shown to improve in 

vivo monitoring, particularly over longer times, by reducing tissue damage and immunological 

responses. Here, we report our initial steps toward developing flexible and implantable 

neuroprobes with aptamer-field-effect transistor (FET) biosensors for neurotransmitter monitoring. 

A high-throughput process was developed to fabricate thin, flexible polyimide probes using 

microelectromechanical-system (MEMS) technologies, where 150 flexible probes were fabricated 

on each 4 in. Si wafer. Probes were 150 μm wide and 7 μm thick with two FETs per tip. The 

bending stiffness was 1.2 × 10−11 N·m2. Semiconductor thin films (3 nm In2O3) were 

functionalized with DNA aptamers for target recognition, which produces aptamer conformational 

rearrangements detected via changes in FET conductance. Flexible aptamer-FET neuroprobes 

detected serotonin at femtomolar concentrations in high-ionic strength artificial cerebrospinal fluid. 

A straightforward implantation process was developed, where microfabricated Si carrier devices 

assisted with implantation such that flexible neuroprobes detected physiological relevant serotonin 

in a tissue-hydrogel brain mimic. 
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10.1 Introduction  

 Implantable bioelectronics are powerful tools to monitor neural activity.1−4 Implanted 

devices enable new discoveries associated with understanding healthy brain function and the 

biological basis and treatment mechanisms of neurological and neuropsychiatric disorders.5−10 

Devices for monitoring in vivo electrical signals have been extensively developed enabling chronic 

recordings lasting over six months with single neuron resolution.11−20 In addition to electrical 

signals, chemical communication via neurotransmitters plays a central role in brain information 

processing. However, existing device technologies for neurochemical recordings are more 

limited.5,21−23 A major challenge in neurochemical sensing is the development of biosensors that 

can detect arrays of neurotransmitters in vivo with high sensitivity and selectivity.  

 Recently, we developed aptamer-field-effect transistor (FET) biosensors for 

neurotransmitter detection.4,23−28 Thin films of biocompatible In2O3 (∼3 nm) for signal 

transduction were functionalized with single-stranded DNA (aptamers) for target recognition.24−26 

Upon target capture, negatively charged oligonucleotide backbones undergo conformational 

changes near FET surfaces resulting in measurable changes in FET conductance and, hence, target-

related current. This sensing mechanism is universal since it is independent of the charge or 
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electrochemical properties of the analytes themselves.24 We have shown that aptamer-FETs can 

be used to detect biomarkers, including serotonin, dopamine, glucose, the membrane lipid S-1-P, 

phenylalanine, and cortisol in complex physiological environments.24−27 Aptamer-FET biosensors 

show high selectivity to targets vs structurally similar molecules. Recently, Zhang and co-workers 

developed graphene-based aptamer-FET biosensors using our aptamers for dopamine and 

serotonin sensing.29,30 

 To monitor neurotransmitters in vivo, we developed Si-based implantable neuroprobes 

with miniaturized aptamer-FET biosensors. Probes were either 150 or 50 μm in width and 

thickness at the tips.4 The larger neuroprobes were implanted in awake, active mice where they 

detected electrically stimulated serotonin release with high sensitivity. While our previous study 

showed results for acute measurements (i.e., hours), challenges remain for stable, chronic in vivo 

recordings. 31,32 

 Conventional implantable electrodes, including the first generation neuroprobes we 

developed, are typically fabricated using rigid substrates such as metals or Si, which are much 

stiffer than biological tissues.33 For example, Si has a Young’s modulus of ∼200 GPa, while brain 

tissue has a Young’s modulus of ∼10 kPa. This Young’s modulus mismatch of >107 induces 

immune responses and subsequent glial scar formation. For biosensing applications, 

immunological responses lead to signal drift due to biofouling.31,34 Scar formation decreases 

device recording accuracy and sensitivity over time.31,34−38 Moreover, the formation of glial scars 

leads to biosensor failure due to limited access between the sensing surface and the tissue 

interface.34 

 Recent developments in soft and flexible electronics show the potential for overcoming 

these limitations.14,20,22,39−45 Flexible bioelectronics with lower device Young’s moduli (i.e., 
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increased elasticity) showed reduced immunological responses after brain implantation compared 

with rigid substrates.31,34,43,46,47 Flexible devices with the capability to detect neurotransmitters in 

real time are necessary to understand chemical neurotransmission, particularly via chronic neural 

recordings.4,21,30,35 Along these lines, we recently developed a wearable smartwatch for sweat 

cortisol sensing using flexible polyimide-based aptamer FETs.28 We also fabricated In2O3 

nanoribbon aptamer-FET biosensor arrays on flexible poly-(ethylene terephthalate) (PET) for the 

multiplexed detection of serotonin, dopamine, pH, and temperature in real time.26 Many flexible 

substrates (e.g., PET and polyimide) still have Young’s moduli (typically on the order of GPa) that 

are orders of magnitude greater than brain tissue. One promising strategy to reduce the bending 

stiffness of a material is to reduce its thickness, as bending stiffness decreases cubically with 

thickness (equation shown in the Supporting Information).48 Recently, polyimide devices with 

thicknesses <10 μm have been shown to have optimal bending stiffness and conformal contact 

with tissue.20,40,42,49 However, ultrathin devices are difficult to process and handle.30,40,50 Moreover, 

due to the low bending stiffness, thin flexible probes suffer from buckling during penetration into 

tissues, making them challenging to implant. 

 Here, we report on fabrication and implantation strategies for flexible and implantable 

polyimide (7 μm) aptamer-FET neuroprobes to monitor the small-molecule neurotransmitter 

serotonin. We designed a high-throughput process to fabricate polyimide neuroprobes using 

microelectromechanical-system (MEMS) technologies, which are scalable, high throughput, and 

compatible with other microfabrication processes.4 Quasi-2D In2O3 FETs were fabricated on the 

probe tips. With aptamers functionalized on the In2O3 surfaces, flexible neuroprobes were used to 

detect serotonin at femtomolar concentrations in artificial cerebrospinal fluid (aCSF). We used an 

artificial brain tissue matrix to develop and to test a process to implant flexible probes using a rigid 
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carrier as a temporary shuttle device with straightforward probe release. Flexible aptamer-FET 

probes were implanted into a brain-tissue hydrogel mimic and showed high sensitivities to 

serotonin. 

10.2 Experimental Section 

10.2.1 Materials 

 Oligonucleotides (aptamers) were obtained from Integrated DNA Technologies (Coralville, 

IA). The SYLGARD 184 used to make polydimethylsiloxane (PDMS) wells for recordings was 

from Dow Corning Corporation (Midland, MI). Deionized water (18.2 MΩ) was dispensed via a 

Milli-Q system (Millipore, Billerica, MA). Polyimide solution (#PI-2611) was provided by Dupont 

Teijin Films (Chester, VA). Prime quality 4 in. Si wafers (P/B, thickness 500 and 150 μm) were 

purchased from Silicon Valley Microelectronics, Inc. (Santa Clara, CA, USA). All other materials 

were purchased from Sigma-Aldrich Co. (St. Louis, MO) unless otherwise noted. 

10.2.2 Neuroprobe Fabrication  

 Polyimide solutions were spin-coated at 3000 rpm for 30 s onto 500 μm thick Si wafers to 

form a 7 μm thick film, as reported previously.28 After coating, substrates were preheated at 90 °C 

for 90 s and then at 150 °C for 90 s on a hot plate. Afterward, the substrates were transferred to an 

oven and annealed at 350 °C for 30 min. Aqueous solutions (0.1 M) of indium (III) nitrate hydrate 

(99.999%) were then spin-coated at 3000 rpm for 30 s onto polyimide-coated Si wafers. After 

deposition of indium precursors, substrates were heated to 150 °C for 10 min, followed by 3 h of 

annealing at 350 °C.23,51 Source and drain electrodes (10 nm Ti and 30 nm Au) were deposited by 

electron-beam evaporation (CHA Industries, Inc., Fremont, CA) and patterned via standard 
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photolithography. A second photolithographic process was performed to define the outer perimeter 

of the probes. Reactive ion etching was used to etch through the polyimide substrates using a 

plasma etching system (STS-AOE, Plasmatreat, Hayward, CA) with the protection of the 

photoresist. Probes were released from carrier wafers using tweezers. The source and drain 

electrodes of the neuroprobes were connected with wiring using Ag epoxy (Ted Pella, Redding, 

CA).4 

10.2.3 Implantation of Flexible Neuroprobes  

 Shuttle devices were fabricated from Si using previously published methods.4 Briefly, Si 

substrates (150 μm thick) were coated with photoresist to define probe profiles. Deep reactive ion 

etching using the Bosch process was used to etch through the unmasked regions of the silicon 

substrates using a Deep Silicon Etcher III (Plasma-Therm, Fremont, CA). To attach the flexible 

polyimide probes, Si shuttles were immersed into a physiological buffer solution to form a thin 

solution film on the Si surfaces. Since probes are destined for eventual brain implantation, we used 

aCSF as the buffer. Detailed aCSF preparation protocols are described in our previous work.27 The 

polyimide probes were then attached to the Si shuttles via capillary forces. Alignment between 

polyimide probes and Si shuttle devices was achieved using tweezers under an optical microscope 

(Figure 10.3c). 

 To mimic the properties of brain tissue for implantation, we used a 0.6% (w/v) agarose 

hydrogel, which was prepared by mixing agarose powder and aCSF. The mixture was microwaved 

until the agarose powder was dissolved (∼1 min), poured into a container, and cooled to room 

temperature. Assembled probes and shuttles were implanted into the brain-mimic hydrogel using 

tweezers. After implantation for ∼1 min, the Si shuttle devices were removed from the hydrogel 

leaving the polyimide probes in place (Movie S1). 
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10.2.4 In Vitro Experiments 

 To test device biosensing capabilities in vitro, we rinsed the FET probes in ethanol and 

dried with N2 immediately before functionalization with thiolated serotonin aptamers. Mixtures of 

(3-aminopropyl)triethoxysilane and trimethoxy(propyl)silane (1:9, v/v) were thermally deposited 

on In2O3 at 40 °C for 1 h and annealed at 60 °C for 10 min.4,23,24 Source and drain electrodes were 

insulated with a self-assembled monolayer of 1-dodecanethiol by immersing in 1 mM ethanolic 

solutions for 1 h. Probes were then immersed in 1 mM 3-maleimidobenzoic acid 

Nhydroxysuccinimide ester dissolved in a 1:9 (v/v) mixture of dimethyl sulfoxide and phosphate-

buffered saline (PBS, Gibco, Fisher Scientific, Waltham, MA) for 30 min. To immobilize aptamers, 

probes were immersed in a 1 μM solution of thiolated DNA in PBS overnight. Probes were rinsed 

with deionized water and dried with N2 before measurements. In vitro testing was performed by 

adding different concentrations of serotonin into aCSF in PDMS wells sealed to each device. 

10.2.5 Ex Vivo Experiments 

 Brain tissue lacking serotonin was obtained from Tph2 knockout mice.52 Mice were 

exsanguinated by cardiac perfusion and brains were cleared of blood containing serotonin 

synthesized by peripheral Tph1. The brains were then shipped to UCLA on dry ice from the 

laboratory of Dr. Donald Kuhn (Wayne State University, Detroit, MI). Brain tissue was stored at 

−80 °C until use. Brain tissue collection procedures were approved by the Wayne State University 

Institutional Animal Care and Use Committee.  

 Brain tissue was homogenized in ice-cold aCSF (1:1 w/v) using a VirTis Virsonic600 

ultrasonic cell disruptor (Gardiner, NY) with the microtip set at 4 and a 50% duty cycle for 30−40 

pulses-. Homogenized brain tissue solutions were mixed with agarose powder and aCSF to make 

0.6% agarose gels. The mixture was microwaved just until the agarose powder dissolved (∼1 min, 
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melting point of ∼65 °C). The solution was poured into a brain mold to mimic brain cortical 

morphology and immediately cooled. Flexible neuroprobes were implanted into the brain tissue 

hydrogel using the method described above. A Ag/AgCl gate electrode, constructed from a 0.010-

in. diameter Ag wire freshly coated with AgCl (A-M Systems, Sequim, WA) by immersing in a 

bleach solution (Clorox, Oakland, California) for 5 min, was implanted into the brain tissue 

hydrogel next to the probe. A 2-μL aliquot of 50 μM serotonin was injected into the hydrogel (∼0.2 

cm away from the probe tip) for a final serotonin concentration of 100 nM (calculated based on 

100 mL aCSF in the hydrogel). 

 All FET measurements were performed using a Keithley 4200A SCS semiconductor 

analyzer (Tektronix, Beaverton, OR). Source−drain current (IDS) transfer curves were obtained 

by sweeping the gate voltage (VGS) from 100 to 350 mV while maintaining the drain voltage 

(VDS) at 10 mV, which took ∼5 s for each scan. Calibrated responses were calculated at 300 mV 

to minimize device-to-device variation, as previously described.24,53 

10.2.6 Statistics 

 Data from FET calibrated responses are reported as means ± standard errors of the means 

and were analyzed using GraphPad Prism 7.04 (GraphPad Software Inc., San Diego, CA) via one-

way analysis of variance followed by Tukey’s multiple comparisons post hoc tests with repeated 

measures. 

10.3 Results and Discussion 

 The process used to fabricate flexible In2O3 FET neuroprobes is described in detail in the 

Experimental Section and illustrated in Figure 10.1 and Figure S1. We leveraged our earlier high-

throughput fabrication process for 150 μm and 50 μm Si neuroprobes using MEMS technologies.4 
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Polyimide (∼7 μm) and In2O3 (∼3 nm) films were fabricated sequentially on Si substrates using 

solution processing, followed by photolithography to define the Au and Ti source and drain 

electrodes. A layer of parylene can be added to the probe shafts to insulate source/drain 

interconnects, as we demonstrated previously.4 Probe outlines were also defined 

photolithographically. We used In2O3 as the semiconductor due to its straightforward sol−gel 

fabrication. Others have shown that In2O3 is more stable than other metal oxides, e.g., 

indium−gallium−zinc oxide (IGZO), in physiological electrolyte solutions.23,54 The thickness of 

In2O3 on polyimide (3 nm) was determined by atomic force microscopy, as shown in our previous 

work.28 

 

 

Figure 10.1. Schematic of the flexible neuroprobe fabrication process. A polyimide film was 
deposited on a Si substrate (1), followed by the deposition of In2O3 (2). Source and drain electrodes 
were patterned by photolithography followed by metal evaporation of Au and Ti (3). To define the 
outline of the neuroprobe, a second lithography process was used followed by oxygen-plasma 
etching of In2O3 (4) and polyimide (5). Each fabricated polyimide device was released from the Si 
substrate using tweezers (6) to obtain individual flexible neuroprobes (7). 
 

 This fabrication process is high throughput and scalable such that 150 probes were 

fabricated per 4 in. wafer (Figure 10.2a). Probes were delaminated from Si substrates using 
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tweezers to produce free-standing devices. A delaminated probe is shown in Figure 10.2b, leaving 

an outline of the probe on the wafer. The freestanding polyimide probes are flexible and make 

conformal contact with the convoluted surface of an agarose hydrogel brain model (Figure 10.2c). 

Each probe was ∼7 μm thick and ∼150 μm wide with two FETs side-by-side on the tip (Figure 

10.2d). 

 

 

Figure 10.2. Serotonin sensing using aptamer-functionalized flexible neuroprobes. (a) Photograph 
of 150 flexible probes fabricated on a 4 in. Si wafer. (b) Photograph of released probes on a Si 
substrate. As highlighted in the white box, the probe on the left has been partially released while 
the probe on the right has been completely released from the substrate. (c) Photograph of a flexible 
polyimide probe on a hydrogel matrix, which serves here as a brain mimic, showing the probe 
flexibility (tip width 150 μm). (d) Optical microscope image showing the tip of one neuroprobe 
with two field-effect transistors side-by-side. (e) Schematic of the measurement setup of a flexible 
neuroprobe, where a Ag/AgCl electrode was used to gate the FET through the buffer solution. (f) 
Schematic of the surface chemistry used to covalently functionalize aptamers onto the In2O3 

surface. PTMS, trimethoxy(propyl)silane; APTMS, (3-aminopropyl)trimethoxysilane; MBS, 3-
maleimidobenzoic acid N-hydroxysuccinimide ester. (g,h) Transfer and output curves, 
respectively, of a representative FET on a polyimide neuroprobe in phosphate buffered saline. PBS, 
phosphate buffered saline. (i) Sensing results for serotonin in artificial cerebrospinal fluid, where 
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the highlighted box shows the physiological range of serotonin in the extracellular space. aCSF, 
artificial cerebrospinal fluid. Error bars are standard errors of the means of measurements from N 
= 3 different probes. 
 

 The bending stiffness of these polyimide probes is 1.2 × 10−11 N·m2, which is 7 orders of 

magnitude lower than that of the smallest optical fibers (230 μm outer diameter polyethylene fibers 

with silica cores, 1 × 10−5 N·m2, calculations shown in the Supporting Information).30,55 The 

effective bending stiffness of the polyimide probes (bending stiffness per width) is ∼8 × 10−8 N·m, 

which is less than that of commonly used soft elastomers, e.g., polydimethylsiloxane (2.2 × 10−7 

N· m at 100 μm thickness).56 Previous histological studies have shown that polyimide devices of 

similar thickness and bending stiffness induce minimal immune responses.30,40 Note that the width 

of the probes and FETs can be scaled down in a straightforward manner to 50 μm using 

photolithography, as we have previously demonstrated using Si as the device substrate.4 Polyimide 

is thermally stable and compatible with most microfabrication processes up to 350 °C. Previously, 

we showed that the electronic and biosensing performance of In2O3 FETs on polyimide remains 

stable even after 100 bending cycles.28 This straightforward and universal fabrication strategy 

opens opportunities to integrate polyimide neuroprobes with other neural recording and 

modulating modalities on a single flexible platform, e.g., electrophysiology and optical stimulation 

capabilities. 

 A Ag/AgCl electrode was used to gate thin-film In2O3 FETs on flexible neuroprobes 

through the buffer solution, where electrical double layers were used as the gate dielectric (Figure 

10.2e). Source and drain electrodes were connected to the semiconductor analyzer via copper 

wiring to apply voltages to the interdigitated electrodes covered by a buffer solution.4 For serotonin 

sensing, the In2O3 surface was covalently functionalized with serotonin aptamers.24 The detailed 

functionalization process is described in the Experimental Section and depicted in Figure 2f. Here, 



179 
 

self-assembled monolayers on the Au source and drain electrodes combined with the electrical 

double layers in the buffer solution serve as capacitors for insulation.24,27 Typical transistor 

performance was observed from the FETs in aCSF, with transfer and output characteristics shown 

in Figure 10.2g and h, respectively. 

 Serotonin was introduced to sensors to test responses. We used aCSF to mimic the ionic 

strength of the extracellular fluid in brain tissue. The FETs on flexible probes responded to 

serotonin in the pM to μM range covering the physiological range of serotonin in the brain 

extracellular space,57−60 as highlighted in yellow in Figure 10.2i. The serotonin aptamer used here 

was previously demonstrated to be highly selective for serotonin vs interfering molecules (i.e., L-

5-hydroxytryptophan, 5-hydroxyindoleacetic acid, dopamine, L-tryptophan, uric acid, and 

ascorbic acid) when tested on FETs on Si.4,24 We expect similar selectivity for the flexible 

polyimide neuroprobes since only the substrate was changed; we used the same aptamer to detect 

serotonin. 

 To monitor serotonin in vivo, neuroprobes need to be implanted into different areas of the 

brain where serotonin cell bodies and axons are found.57 However, the softness of the polyimide 

probes leads to bunching during tissue penetration.3,32 There have been several strategies 

developed to assist in the implantation of soft probes, including coating probes with a stiffening 

polymer, rapid freezing, or liquid metal or temperature-adaptive Young’s moduli 

systems.42,47,50,61−63 However, current implantation strategies typically require reengineering of 

device architectures or complicated assembly processes. Moreover, since biosensor surfaces are 

usually functionalized with receptors, e.g., antibodies or aptamers, before the implantation process, 

implantation strategies should not damage the functionalized layer. 
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 Here, we developed a one-step shuttle-assisted process for flexible neuroprobe 

implantation using surface tension. As shown in Figure 10.3a, a Si shuttle was fabricated to have 

the same lateral dimensions as the flexible neuroprobes (150 μm). Fabrication was the same as 

described in our previous work4 and in the Experimental Section. The similar shapes of the Si 

shuttle device and the flexible polyimide neuroprobes minimized tissue damage from the shuttle 

device during the penetration process. The Si shuttle device was treated with O2 plasma to make 

it hydrophilic before dipping into the buffer solution (i.e., aCSF). The thin layer of buffer coating 

the Si shuttle surface was used to affix a flexible neuroprobe via van der Waals forces. The 

neuroprobe and shuttle were aligned under an optical microscope using tweezers (Figure 10.3b). 

 

 

Figure 10.3. Implantation of a flexible neuroprobe into a brain-mimic hydrogel. (a) Schematic 
illustration of device assembly before implantation. A flexible probe was attached to a Si shuttle 
via surface tension and aligned under a microscope. (b) Schematic illustration of flexible probe 
implantation using a Si probe as the shuttle device. The assembled device penetrates the hydrogel 
without buckling. After insertion, the buffer layer between the flexible probe and the Si shuttle 
device diffuses between the hydrogel. The edge surface tension is relieved, enabling the flexible 
probe to be separated from the Si shuttle. The shuttle is removed, leaving the flexible probe 
implanted in the hydrogel. (c) Optical microscope image of an assembled device, where the 
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flexible probe is partially aligned to the Si shuttle device. Photographs of (d) an assembled device 
implanted into the hydrogel, and (e, f) a freestanding flexible probe implanted in the brain-mimic 
hydrogel. 
 

 After assembly, the shuttle+neuroprobe was implanted. To mimic brain tissue, we used a 

0.6% agarose hydrogel with aCSF, which closely resembles several critical physical characteristics 

of brain tissue, including the penetration force.47,64 After inserting the assembled device into the 

brain-mimic, the buffer layer between the flexible neuroprobe and shuttle device diffused into the 

hydrogel, reducing the surface tension holding the two parts together. The shuttle device was then 

retracted leaving the flexible device in place in the hydrogel (Figure 10.3b−f, Movie S1). During 

the removal of the shuttle device, we did not observe movement of the flexible probe, as shown in 

the movie (Movie S1). For future in vivo experiments, it will be necessary to investigate further 

the accuracy of positioning during the implantation processes. 

 Sensing in vivo entails detecting specific targets in complex biological matrices containing 

a wide range of neurotransmitters (nontargets), metabolites and other interferants, and 

biomacromolecules (biofouling). To investigate the sensing capabilities of the flexible 

neuroprobes in a biological matrix that more closely approximates an in vivo environment, we 

used brain tissue from Tph2-null mice.4 These mice do not express the rate-limiting serotonin 

synthetic enzyme in the central nervous system (CNS), and thus lack endogenous brain serotonin 

(Figure 10.4a). 
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Figure 10.4. Ex vivo sensing of serotonin in a brain phantom. (a) Schematic illustration of brain 
phantom preparation. Brains from Tph2 null mice were removed and the tissue was homogenized 
in artificial cerebrospinal fluid (aCSF). The brain tissue homogenate was then mixed with 0.6% 
agarose gel in aCSF to make the brain-mimic for flexible probe implantation. (b,c) Photographs of 
an implanted flexible probe in the brain phantom, where a Ag/AgCl electrode was also implanted 
to apply a gate voltage. The source and drain electrodes were wired, sealed with epoxy, and 
connected to external measurement instrumentation. (d) Transfer characteristics of a representative 
field-effect transistor on a flexible probe after implantation in the brain phantom. (e) Output 
characteristics of a field-effect transistor on a flexible probe after implantation in the brain phantom. 
(f) Schematic illustration of serotonin injection using a syringe placed next to an implanted probe. 
(g) Five consecutive overlapping transfer sweeps of an implanted neuroprobe in the tissue-
hydrogel brain-mimic before serotonin injection. (h) Calibrated responses of a representative 
neuroprobe after exposure to serotonin diffusing to the probe over time (100 nM final 
concentration). Error bars are standard errors of the means for N = 5 sweeps. ***P < 0.005 for 1 
min vs 5 and 10 min. (i) Calibrated responses from a different neuroprobe after exposure to 100 
nM serotonin over time. Error bars are standard errors for N = 5 sweeps. *P < 0.05 for 1 min vs 7 
and 10 min. 
 

 Brain tissue homogenates from Tph2-null mice were incorporated into 0.6% agarose 

hydrogel in aCSF. As such, we produced an ex vivo model that mimicked the ionic strength of the 

extracellular space and approximated the chemical and physical properties of the in vivo brain 

environment. Using brain tissue that lacks serotonin prevented swamping the FET sensors with 
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high concentrations of endogenous intracellular stores of serotonin liberated during tissue 

homogenization. In vivo, FET sensors would not encounter vesicular serotonin except briefly 

during implantation. 

 This type of brain phantom mainly mimics the physical characteristics of the brain (e.g., 

Young’s modulus and penetration force) and ionic strength of the extracellular fluid in the 

brain.47,64 The brain tissue in the agarose gel introduces biomolecules found in the in vivo 

environment. Nonetheless, the preparation process may affect the molecular composition 

originally present in the brain. Previously, we tested similar biosensors on Si substrates in fresh 

brain tissue containing endogenous small molecules and macromolecules. In both cases, aptamer-

FET sensors showed high target sensitivity and low biofouling.4,24 

 Figure 10.4b, c depicts implantation of a representative flexible neuroprobe into a brain 

mimic using a Si shuttle, as described above. A Ag/AgCl electrode was then implanted to apply 

gate voltages through the hydrogel matrix (Figure 10.4b). We characterized the transistor 

performance of the flexible neuroprobes in this tissue-hydrogel phantom. As shown in Figure 

10.4d and e, an implanted neuroprobe showed typical transfer and output characteristics with gate 

voltage and source−drain voltage modulation. 

 To simulate neurotransmitter release and diffusion in the brain, we used a syringe to inject 

50 μM serotonin into the hydrogel. The injection sites were approximately 2 mm away from the 

implanted neuroprobes. The final concentration (100 nM) was selected as a physiologically 

relevant serotonin concentration.57−60 Data were collected before the introduction of serotonin and 

at different time intervals after its introduction. As shown in Figure 10.4g, five consecutive transfer 

curves overlapped with each other in the tissue-hydrogel brainmimic, illustrating that the flexible 

neuroprobes were stable in the matrix without detectable signal drift prior to injection. 
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 We observed significant increases in the responses of two different neuroprobes as early 

as 5 min after serotonin addition (see Table S1 for statistics). These data demonstrate that the 

flexible aptamer-FET neuroprobes detected diffusion-related changes in serotonin levels. We 

previously found that the response times of our aptamer-FET sensors are on the order of seconds;26 

the 5 min delay in response time here is due to target diffusion over ∼2 mm in the hydrogel matrix 

from the introduction location to the recording site, which is similar to what we observed in a 

previous study using Si neuroprobes.4 These findings illustrate that our flexible neuroprobes can 

be implanted into a solid matrix that mimics the rigidity and chemical composition of brain tissue 

to monitor physiologically relevant serotonin release. 

10.4 Conclusion 

 We developed flexible and implantable neurochemical probes based on aptamer FET 

biosensors. A high-throughput fabrication strategy was developed to fabricate In2O3 thin film (∼3 

nm) field-effect transistors on polyimide (7 μM) with up to 150 flexible neuroprobes on a 4 in. Si 

substrate. Flexible aptamer-FET neuroprobes detected serotonin down to femtomolar 

concentrations in artificial cerebrospinal fluid. To facilitate the implantation of these flexible 

devices, we developed a straightforward process where a rigid Si carrier device was used to assist 

in tissue penetration. To test the functionality of the flexible neuroprobes for future in vivo studies, 

we developed a brain phantom as an ex vivo model. We used agarose gel to mimic critical physical 

characteristics of the brain and aCSF to mimic the ionic strength of the brain’s extracellular space. 

Moreover, we combined agarose gel with mouse brain tissue containing interferants and 

biomacromolecules present in the brain. The brain tissue phantom served as a model to evaluate 

sensor performance toward in vivo applications for neurochemical sensing. We showed that the 
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flexible neuroprobes were stable while implanted in the hydrogel matrices with reproducible 

transistor performance and without short-term biofouling. We were able to detect serotonin 

injected into the brain tissue phantom suggesting the potential to monitor changes in serotonin 

levels in vivo. 

 While soft neuroprobes remain an important goal for tissue like implantable bioelectronics, 

a longstanding question remains as to how soft and flexible is soft and flexible enough such that 

immunological responses are minimized. This issue is a grand challenge to the bioelectronics 

community that needs to be addressed and requires further study. Future histological studies as a 

function of implantation duration involving flexible vs stiff probes will provide comparative 

information on immunological responses. Another key question involves the impact of device 

dimensions. Smaller implanted devices appear to reduce immune responses.31,32,34 However, 

understanding how immunological responses change systematically in response to miniaturization 

is still unclear. Along these lines, we have previously fabricated Si neuroprobes with 50 μm widths 

and thicknesses to compare with 150 μm neuroprobes in terms of tissue responses. Scaling down 

the flexible neuroprobes developed in this work can be achieved using a similarly straightforward 

approach. Further histological studies comparing our devices of different sizes and stiffness are 

ongoing. 

 In addition to FETs, aptamers can be coupled with redox reporters for electrochemical 

sensing. For example, electrochemical aptamer-based (EAB) sensors have been used to track 

plasma drug concentrations in real-time.65,66 Recently, a dopamine aptamer was coupled with 

carbon-fiber microelectrodes noncovalently or using an electrochemical conjugation strategy for 

dopamine sensing in vivo using cyclic voltammetry.67,68 We envision that next-generation 

neuroprobes will need to be soft and multimodal (i.e., sense multiple neurotransmitters and 
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electrophysiological signals, produce optical or electrical stimulation, and drug delivery all on the 

same device) and have long-term recording capabilities in vivo. Soft bioelectronics with the 

capability to detect multiple neurotransmitters simultaneously in real-time are needed to 

investigate chemical information processing in the brain, particularly in the context of chronic 

neural recordings during behavior.21 
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Chapter 11: Recommendations for Future Work  

11.1 Integrated NA extraction with the lateral flow assay format 

 If a diagnostic device is intended for widespread use in a point-of-care (POC) setting, it 

should be rapid, inexpensive and not reliant on a standard laboratory environment and a trained 

operator.1 Currently, with the integration of the hybridization step in the lateral flow assay format, 

the assay time has been significantly reduced. However, the separate nucleic acid (NA) extraction 

procedure still relies on rapid commercial NA extraction kits, which require multiple 

centrifugation procedures for washing and elution. Previous work has indicated that alkaline 

extraction is a rapid, inexpensive and relatively clean method to isolate circular plasmid DNA or 

even RNA from bacterial cells. Lysis under alkaline condition followed by simple filtration has 

been demonstrated to work as an efficient method suitable for E. coli detection and still achieved 

a limit of detection of 100 zM (10-19 M) with our device.2 

 Even though for more complex clinical samples, alkaline extraction may not be sufficiently 

a clean enough extraction procedure to prevent all false positives, with the assistance of lipase, 

nonionic surfactant and a reducing reagent, there is still a good possibility of a rapid and sample 

NA extraction scheme. Previous study has demonstrated that a high pH-tolerant lipase could be 

produced by Staphylococcus sp. strain with sustained enzyme activity at pH 12.3 Common lipase 

treatment may require ~30 mins treatment time when used to lyse concentrate cell pellets, however 

the treatment time could be significantly reduced when treating diluted clinical samples. Since our 

limit of detection can be lower than 10 CFU/mL, lipase treatment is still a potential enhancement 

for alkaline extraction scheme. Another challenge for RNA extraction is the instability of RNA 

mainly due to ubiquitous RNase which degrades RNA quickly, especially in human fluids such as 
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urine.4 Nonionic surfactant (e.g., Triton X-100, Tween-80 or Tween-20), reducing reagent (e.g., 

dithiothreitol or DTT), and carrier RNA could be applied with the alkaline solution to enhance the 

lysing efficiency and stabilize the extracted RNA.5 In a preliminary investigation, we found that 

the lipid/phospholipids in urine could lead to false positive results since negatively charged lipid 

aggregates may result in a nanopore blockage.2 The nonionic surfactant could prevent the lipid 

aggregation and help disrupt the normal architecture of the lipid bilayer in the cell lysis step. 

Dithiothreitol (DTT) is a standard reagent for reducing disulfide bond between and within proteins 

such as RNase and therefore stabilize the RNA extraction.  

 In previous work, the hybridization environment is 10 mM sodium chloride, 25 mM Tris-

HCl, with pH adjusted to 7, and the testing environment is 10 mM potassium chloride, 5.5 mM 4-

(2-hydroxyethyl)-1-piperazineethanesulfonic acid (HEPES), 0.01% Tween-80 with pH adjusted 

to 7.6 After the hybridization, the PNA-beads complexes were washed in the testing environment 

for detection. We have demonstrated that successful detection can also happen in the hybridization 

environment with nonionic surfactant additives and therefore we saw the potential of unifying all 

the buffers.2 In the alkaline extraction, 0.1 M to 1 M sodium hydroxide solution were used to lyse 

the cell and corresponding Tris-HCl solution was used for neutralization. After neutralization, the 

solution is also composed of mainly sodium chloride, Tris-HCl and nonionic surfactant. Therefore, 

there is a potential to integrate NA extraction with the lateral flow assay format. The sample with 

target pathogen could be lysed in alkaline environment such as sodium hydroxide and then 

neutralized with Tris-HCL solution. The high salt concentration may affect the hybridization of 

PNA and target NA, but PNA as an uncharged capture probe may still maintain good hybridization 

efficiency compared with charged oligonucleotides. If the salt concentration has a large influence 

on hybridization, a simple desalting column could be included to achieve a similar salt 
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concentration as the hybridization environment. To further simplify the process, the neutralization 

agents such as Tris-HCl could be preloaded on the lateral flow chip. After the cell lysis with 

alkaline extraction, the cell lysate can be directly dropped on the lateral flow chip and the 

neutralization process will happen immediately as the cell lysate flows across the lateral flow chip 

driven by capillary force. With integrated hybridization step, the overall assay time can be further 

reduced without any complex pumps or valves. 

11.2 Reduction of bead retention 

 PNA-bead immobility in the Fusion 5 lateral flow membrane is recognized as one 

drawback that could influence the limit of detection. As the sample RNA concentration decreases, 

the number of PNA-beads complexes that hybridize with target NA also decreases and therefore 

bead retention/and or very slow movement to the detection area under the chip emerged as a 

problem. Also, cutting of Fusion 5 membrane may also generate glass fiber fragments, and it is 

hypothesized that the glass fiber fragments is one possible cause of noisy signals. Currently the 

Fusion 5 lateral flow membrane is used due to its large pore size which should enable PNA-bead 

movement with the capillary flow and therefore avoid the need for complicated valves and pumps. 

However, trenches with small enough width could also generate capillary flow that automatically 

carry the sample and meanwhile avoid the glass fibers. With the assistance of 3D printing 

techniques, the construction of such cartridge with small trenches is possible. The PNA-beads 

complex could be preloaded inside the trenches near the proximity of the nanopore. Samples with 

target NA can be carried to the preloaded beads by the capillary flow and hybridize with the capture 

probes on PNA-beads complex.  Upon hybridization with target NA, the overall negatively 

charged PNA-beads complex can be driven to the nanopore by an external electric field. The 
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material of the 3D printed cartridge can be adjusted to prevent NA binding and meanwhile limit 

bead retention. Further bead retention reduction strategies may include addition of nonionic 

surfactant, freeze-drying the preloaded PNA-beads complex on the LFA membrane and using a 

magnetic field to control the movement of magnetic PNA-beads. 

11.3 A single device for multiplexing NA detection  

 One attractive characteristic of the nanopore based sensing platform is the potential for 

universal application. By changing the capture probe sequence, it can detect different pathogens 

based on their species-specific signature rRNA sequences. Therefore, it’s relatively easy to 

multiplex for simultaneous detection of various pathogen species. Previous research has indicated 

that PNA oligonucleotides can routinely be labelled with fluorophores and therefore it provides 

the possibility to differentiate pathogens for simultaneous detection.7 A portable fluorescence 

microscopy platform for fluorescent imaging of nanoparticles on a smart phone has been reported 

and displayed a great potential for portable optical sensing platform.8 With help of these techniques, 

a portable platform for simultaneous pathogen detections based on nanopore technique is 

theoretically possible.  

 A prototype of such simultaneous multiplexing NA detection platform is described below. 

The PNA molecules can be modified with fluorophores to serve as sequence specific capture 

probes detecting different pathogens based on their signature 16S rRNA sequences. The PNA 

capture probes will be conjugated with magnetic beads to form neutrally charged PNA-beads 

complexes. The modified magnetic beads will be preloaded on the 3D printed cartridge with a 

number of narrow trenches which can generate capillary flow to automatically deliver samples 

across this cartridge. The PNA-bead complexes should be placed upstream of the nanopore with a 
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proper distance. Clinical samples lysed in alkaline environment will be dropped on the start side 

of the 3D printed cartridge and will be driven by capillary force to hybridize with the preloaded 

PNA-bead complexes. Since the capillary flow may also carry the beads, the magnetic beads 

should be held still by a strong magnet during the hybridization process. After the hybridization, 

the magnet should be removed, and the beads hybridized with target NA will be drive to the 

nanopore under external electric field. A smart phone-based fluorescence microscopy platform can 

be installed near the nanopore to simultaneously detect multiple signals. The multiplexing of the 

nanopore based platform serves as a rapid, portable platform for point of care detection screening 

multiple pathogens simultaneously.  
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Appendix A: PNA-beads preparation  

1. Wash 1 μL of stock bead solution three times in MES buffer. With each wash, spin down 

the beads in a microcentrifuge at 14,000 RPM for 15 minutes and remove the supernatant. 

2. Resuspend the beads in 600 μL MES buffer. Add 23 mg 1-ethyl-3-(3-

dimethylaminopropyl)carbodiimide (EDC) to make 200 mM EDC in MES. Incubate the 

beads for 15 minutes at 50 °C. 

3. Add 11.4 μL aliquoted PNA (100 μM) and incubate for 2 hours at 50 °C. 

4. Add 22 mg methoxypolyethylene glycol amine (mPEG-amine). Incubate for one hour at 

50 °C. 

5. Add 5 μL ethanolamine. Incubate for one hour at 50 °C. 

6. Wash beads three times in 0.4x SSC buffer at 14,000 RPM for 15 minutes. Resuspend in 

500 μL 0.4x SSC. 

7. Remove 100 μL and wash once in potassium chloride buffer for use in Zetasizer. 

8. Wash the remaining 400 μL bead solution once in hybridization buffer at 14,000 RPM for 

15 minutes. Resuspend in 400 μL hybridization buffer for storage. 
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Appendix B: Cell culturing and counting 

B.1 Culture E. coli and P. putida 

1. Suspend the lyophilized preparations in soy (E. coli) and nutrient (P. putida) media, 

respectively, followed by incubation of days. E. coli subsequently was cultured in shake 

flasks at 37 °C and 250 rpm, and P. putida at room temperature and 250 rpm. 

2. Store the initiated culture at -80 °C to serve later as inocula. 

3. Measure 3 mL of soy media for E. coli and 3 mL of nutrient media for P. putida. 

4. Stab a small portion of frozen culture with a pipette and pipette up and down in the 

culturing media. 

5. Culture E. coli at 37 °C and 250 rpm, and P. putida at room temperature and 250 rpm 

overnight. 

B.2 Rehydrate C. trachomatis 

1. Tear open pouch at notch and remove vial from pouch and ensure the pellet is at the bottom 

of the vial before opening. 

2. Rehydrate the lyophilized pellet with 1 mL physiological saline solution.  

3. Vortex the vial for 10 seconds at full speed to mix. 

B.3 Count viable E. coli, P. putida and C. trachomatis 

4. Put 1 mL concentrated cells into tube 1. 

5. Add 900 μL sterile DI water to tube 2-9. 
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6. Perform a serial dilution by taking 100 μL concentrated cells, add to tube 2, then take 100 

μL of that and add to tube 3 etc. 

7. Remove 100 μL from each tube and transfer to Agar plate. 

8. Use glass bead to spread the liquid sample evenly on Agar plate.  

9. Culture overnight and count the colonies on Agar plate. 

10. Multiply the measured CFU by 10 to get the total number of bacteria in the tubes. 

11. Culture in tubes 2-9 serve as the stock for future dilution.  

 

B.4 Culture and count N. gonorrhoeae 

1. Subculture a frozen stock of ATCC strain 43069 onto chocolate agar.  

2. Agar plates were incubated at 35C with 5% CO2 for 16-18 hours.  

3. Created a 0.5 McFarland of N. gonorrhoeae, which represents 1.5 x 108 CFUs/ml.  

4. Transfer 10 μL of sample above into 9990 uL of 0.85% saline to create 150,000 CFU/mL 

stock.  
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Appendix C: Spike sterilized pool human urine with bacterial culture 

C.1 E. coli, P. putida and C. trachomatis 

1. Transfer 10 μl of the stock (described in Appendix B.3) in 9990 μl human urine to create a 

final concentration from 10 CFU/mL to 1000 CFU/mL. 

C.2 N. gonorrhoeae 

1. Transfer 10μl of the stock (described in appendix B.4) into 9990 μl of commercial urine to 

create 150 CFUs/ml.  

2. Transfer 666 ul of this into 9.333 mL of urine to create a final 10 CFU/ml 

 

 

 

 

 

 

 

 

 

 

 

 

 



207 
 

Appendix D: RNA extraction 

D.1 Qiagen RNeasy 

1. Pipette 1.7 mL of E. coli or P. putida culture into individual, sterile 2 mL microcentrifuge 

tubes. Spin down (max speed for 1 min) and remove supernatant. First pour out supernatant, 

then use a pipette to remove any remaining liquid. Make sure not to disturb cell pellet. 

2. Lyse the cells. For each pellet, add 200 μL TE lysozyme + 20 μL proteinase K. Resuspend 

by pipetting up and down a few times. Vortex for 10 sec. Let incubate at 37 °C for at least 

45 minutes. Does not have to be on a shaker. Lysed cells will appear clear/transparent. 

3. Prepare RLT buffer. Remove 6 mL RLT buffer, mix with 60 μL b-mercaptoethanol (or, if 

doing fewer than 8 tubes, however much you need at a ratio of 10 μL b-mercaptoethanol 

to 1 mL RLT buffer). Add 700 μL of this to each tube. Vortex, then spin down at max 

speed for 2 min. 

4. Remove all supernatant and place into new tubes. 

5. Into each tube, add 500 μL 200 proof ethanol. Precipitation may form, but do not centrifuge. 

Pipette up and down gently. 

6. Spin down 700 μL at a time supernatant into column (30 sec at max speed). Discard flow 

through. 

7. Add 700 μL RW1 buffer, let it flow through column (30 sec at max speed). Discard flow 

through. 

8. For new RPE buffer, add 4 volumes ethanol to 1 volume RPE (44 mL to 11 mL to make 

55 mL total). Replace collection tube with a new one. Add 500 μL RPE to column, let spin 

through (30 sec at max speed). 
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9. Add another 500 μL, let spin through (2 min at max speed). 

10. Decant flow through, let spin for another 1 min at max speed. 

11. Transfer column to new 1.5 mL tube (with the cap), add 50 μL RNAse free water to elute 

RNA. Make sure to pipette right into the middle of the membrane. Spin for 1 min at max 

speed to elute. Add another 50 μL RNAse free water to elute again. 

12. Measure RNA concentration and purity with Nanodrop. 

D.2 Alkaline Extraction 

1. Collect 1 mL culture sample, Spin down (max speed for 1 min) and remove supernatant. 

First pour out supernatant, then use a pipette to remove any remaining liquid. Make sure 

not to disturb cell pellet. 

2. Add 1000 μL 0.125M NaOH, mix and let rest at room temperature for 1 minute to lyse the 

cells. 

3. Add 1000 μL of 0.25M Tris-HCl (to bring pH to ~8-8.5) and mix for 10 sec to stop the 

lysis. 

4. Transfer lysed sample into 20 mL sterilized plastic syringe with luer lock  

5. Attach Whatman AnotopTM 25 mm filter to the luer lock.  

6. Finish the filtration by pushing gently on the plunger of the syringe and catch the 

flowthrough using a 1 mL microcentrifuge tube.  

7. Measure RNA concentration and purity with Nanodrop. 
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D.3 Direct-zol RNA extraction Kit 

1. [For pelleted cells] Add 300 μL of TRI Reagent® into pelleted cells and incubate for 5 

minutes. 

2. [For urine sample] Add 3 mL of the TRI Reagent® into 1mL of urine sample and incubate 

for 5 minutes. 

3. Add an equal volume ethanol (95-100%) to a sample lysed in TRI Reagent® or similar1 

and mix thoroughly.  

4. Transfer the mixture into a Zymo-Spin™ IC Column2 in a Collection Tube and centrifuge 

at 14000 rpm for 1 minute  

5. Transfer the column into a new collection tube and discard the flow-through.  

6. Add 400 µl Direct-zol™ RNA PreWash to the column and centrifuge. Discard the flow-

through and repeat this step again.  

7. Add 700 µl RNA Wash Buffer to the column and centrifuge for 1 minute to ensure 

complete removal of the wash buffer. Transfer the column carefully into an RNase-free 

tube (not included).  

8. To elute RNA, add 30 µl of DNase/RNase-Free Water directly to the column matrix and 

centrifuge.   
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Appendix E: Kinetically Enhanced Hybridization with prewashed beads 

1. Transfer 600 μL of PNA-conjugated beads described in Appendix A in hybridization buffer 

(10 mM NaCl, 25 mM Tris-HCl, pH 7) to Vivaspin 2 and spin at 2000 rpm for 5 mins, 

discard filtrate. This step deposits ~2 layers of beads on the filter surface. 

2. Transfer RNA prep described in Appendix D to same Vivaspin 2 with filtered beads, spin 

at 1200 rpm for 10 mins and discard filtrate. Hybridization occurs in this step. 

3. Add 600 μL of testing buffer (10 mM KCl, 5.5 mM HEPES, 0.01% Tween-80, pH 7) into 

same Vivaspin, spin at 1000 rpm for 5 mins and discard filtrate. This step is to wash with 

the testing buffer. 

4. Add 300 μL testing buffer, sonicate for 1 min, reverse spin at 2000 rpm for 2 mins and 

collect hybridized beads in ~300 μL. Reverse spin removes beads from the filter membrane 

surface.   
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Appendix F: Lateral Flow Assay Detection Scheme  

F.1 Lateral flow strip assembly  

1. Cut Whatman Fusion 5 membrane roll from Cytiva into 2 cm × 2.5 cm strips.  

2. Use a paper cutter to cut the Cytiva backing card into 2.5 cm × 8 cm pieces. 

3. Cut the Pt-foil into 2 mm × 1 cm small strips and solder a wire on the end to make a Pt-foil 

electrode.  

4. Peel off the film on the backing card and attach a soldered Pt-foil electrode in the middle 

of the backing card. 

5. Attach two Fusion 5 membrane pieces on top of edges of the foil electrode and the backing. 

A less than 1 mm gap is left between these two Fusion 5 membrane pieces to expose the 

Pt-foil electrode underneath. We call this assembled card the lateral flow membrane strip, 

shown in Figure 1.  

 

Figure F.1. Lateral flow membrane strip, not to scale.  Point A is where PNA-modified beads are 
loaded and dried (see below). 

 
6. Use sterilized air to blow the lateral flow membrane stripe to remove the free glass fiber 

fragments or dusts.  
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7. Mark one side of the chip to be the loading side. 

8. Wash PNA/PEG/ethanolamine-modified polystyrene beads with 500 μL hybridization 

buffer (10 mM NaCl, 25 mM Tris-HCl, pH 7, 0.1% Tween-20). 

9. Concentrate the beads by centrifuge filtration at 14,000 RPM for 15 minutes. Remove ~470 

μL supernatant and try not to disturb the concentrated beads pellet. Resuspend the beads 

pellet in the remaining ~30 μL hybridization buffer. 

10. Load 10 μL of the concentrated beads next to the gap, shown as point A in Figure 1. 

11. Before the beads get dried, apply vibration force to the beads by holding the lateral flow 

membrane strip to the wall of a bath sonicator.  This step helps prevent bead aggregation. 

12. Let the beads dry by putting the lateral flow chip in ambient environment for ~30 mins. 

Cover the lateral flow chip with petri dish to prevent dust contamination.  

F.2 Glass chip assembly  

1. As shown in Figure 2, we sandwich a glass chip with a ~1 μm - 800 nm diameter “nanopore” 

(must be smaller than bead diameter used) in the middle with two PDMS O-ring shaped 

films.  Cellophane tape (e.g., Scotch tape) was used to briefly remove the dust on PDMS, 

and this will ensure good attachment to the glass chip. 
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Figure F.2. Glass chip with PDMS films attached, not to scale. 

 

2. The bottom PDMS B film is ~0.3 mm thick and with a circular opening to expose the 

nanopore. A channel is carved all the way from the edge to the center. This design enables 

air to escape when the underlying Fusion 5 membrane is wetted (see below) and prevents 

the formation of bubbles. The top PDMS A has ~1 mm thickness and it also has a circular 

opening to expose the nanopore. This circular opening acts as a buffer reservoir for the top 

electrode that is used in detection (see below).  

F.3 Whole system assembly 

1. Attach the lateral flow membrane strip to the potentiostat by using one Ag/AgCl electrode 

as both counter and reference electrode, while using the Pt-foil electrode as the working 

electrode. 
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2. Put the glass chip assembly on the top of the lateral flow membrane strip. Position the 

nanopore right on top of the gap in the lateral flow membrane strip. 

 

 

 

 

 

 

Figure F.3. Detection system, not to scale.  

 
3. Put a droplet ~50 μL of hybridization buffer in the opening of the top PDMS A of the glass 

chip assembly.  

4. Gently lower the Ag/AgCl electrode mentioned above into the top buffer reservoir in 

PDMS A also mentioned above to establish an electrical connection through the pore in 

the glass chip.  

 

F.4 Detection  

1. Deposit ~400 μL of our testing sample onto the loading side of the Fusion 5 membrane. 

Due to capillary flow, the liquid sample will flow over the beads so that the target RNA or 

DNA in the sample will hybridize with the PNA probe on our modified beads.  The beads 

move more slowly in the Fusion 5 membrane than the fluid but at least some get carried 

into the gap below the pore in the glass chip. Fluid will pass through the gap and to the 

absorbing side of the Fusion 5 membrane.  Fluid also will fill the opening in PDMS B 
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below the glass chip, and air will escape through the channel in PDMS B so that bubbles 

formation can be prevented.   

2. During this process, the power to the potentiostats is turned on and data is collected using 

EC-lab software on a computer. A constant voltage of 1.5 V is applied.  

3. A stable baseline current will appear. For a positive test, after ~200-900 s, a sustained drop 

in the current will occur due to the PNA-beads with hybridized target nucleic acid blocking 

the nanopore, and we take this as our detection signal. For a negative test, there is just a 

stable baseline current, no drops are observed.   
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Appendix G: Microprobe Fabrication 

G.1 Material  

 Silicon wafers were ordered from Silicon Valley Microelectronics (Santa Clara, CA) with 

the following parameters: 100 mm diameter, p-type boron doped, orientation <1 0 0>, 150 μm 

thickness. All microfabrication was conducted in the UCLA Nanofabrication Laboratory 

(NanoLab).  

G.2 Microfabrication Process Traveler 

Process Step Name Description Remarks  
I. Field oxide formation process 

 1 Label Label wafer on the back 
unpolished side 

Use diamond pen 

Cleaning Steps 

2 Piranha bath 

Remove organic 
contaminants: 
H2SO4:H2O2 = 17:1 
T=70°C; time=10 min 

Use wafer carrier 
Refresh solution with 
250mL H2O2 if hasn’t 
been used that day 

3 Rinse Time = 2min 
Use rinse cycle in PFC 
hood 

4 HF bath 
Remove native oxide: 
5s in HF:DI=1:10 or 1s 
in BOE 

Caution very corrosive 

5 Rinse 
Time = 2 mins, 
afterwards N2 blow dry  

Gentle water stream 
Don’t use spin dryer 
(wafers will break) 

Furnace 6 Oxide 
furnace 

Thermally grow 1μm 
SiO2 
Wet recipe 
(WET1100.001) 
T=1100°C, time=2.5hr 

Keep everything clean 
(gloves/mask on) 
• High temperature (use 
caution) 
• Use quartz boat. Load 
wafers ASAP 
Measure the SiO2 thickness 
center/top/bottom/left/right, 
average it 

 7 
Nanospec Measure SiO2 thickness 

Measure 
center/top/bottom/left/right, 
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(Silicon dioxide on 
silicon) 

average it and compare 
with step #6 

Cleaning 

Steps 

8 
Piranha bath 

Remove organic 
contaminants: 
H2SO4:H2O2 = 17:1 
T=70°C; time=10min 

Use wafer carrier 
• Refresh solution with 
250mL H2O2 if hasn’t 
been used that day 

9 
Rinse Time = 2 mins 

Use rinse cycle in PFC 
Hood, need to train PFC 
sink 

II. Electrode sites, channels, and bonding pads formation 

 10 Dehydration 
bake 

T=150°C 
Time ≥ 5 min 

Drive off moisture, and 
improve PR adhesion. 
Before the dehydration 
bake, use acetone clean the 
previously stored wafers 
and use DI water to rinse 
first.   

Lithography 
I 

11 
HDMS coat 

Improve PR adhesion 
Time ≥ 5 min 

HMDS: 
hexamethyldisilazane 
• Toxic (operate 
underneath hood) 
• Do not place wafer in 
the middle of metal 
container.  
• Handle dips 
down and will break wafer 
when putting cover on. 
Check the HDMS inside 
make sure it’s saturated  

12 Photoresist 
spin coat 

PR: AZ5214-EIR 
Thickness: ~1.6μm 
1000 RPM 
Ramp = 1000 
Time = 20sec 

Clean wafer chuck with 
acetone 
• Make sure PR covers at 
least 2/3 of the wafer 
surface prior to spin 
volume is about 1.5 
volume of the dropper 
To programming the 
parameters:  
Press step button + number 
button (1-9) to select the 
step to program.  
Select speed/ramp to set 
the speed = 1000 rpm  
Ramp = 1000 
Select step terminate button 
to set the time to be 20 sec 
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Load the wafer and press 
vacuum button to turn on 
the vacuum. 
After covering wafer with 
PR, step on the start button 
on the ground using your 
foot.  
Press vacuum button to 
turn off vacuum and collect 
wafer. 

13 
Soft bake 

T=100°C 
Time = 1 min. (critical) 
Place at the center of 
hotplate 

Make sure wafer is flat on 
hotplate 

14 
Exposure 

Karl Suss alignment: 
Soft contact 
Expose for 9.5 sec 
(when power = 8 
mW/cm2) 

If power varies, use this 
formula to correct exposure 
time: 
t (sec) = 18 × (8 / actual 
power in mW/cm2) 

15 
Development 

Remove exposed PR 
DIW:AZ400K=5:1 
Developer ~19 sec. 

Swishing back and forth 
Cover the beaker with 
aluminum foil  

16 
Microscope Inspection 

Make sure wafer is fully 
developed. 
DO NOT hardbake after 
this step (for better liftoff 
results) 
If the line is very thick, that 
usually means overdevelop 

17 Remove 
~100Å PR 

Tegal (~2 mins) 
Or Technics 

Remove 100A PR for the 
whole wafer to prevent 
metal from being washed 
off during lift-off. 
Better to inspect again.  

Metal 
Deposition 

18 Metal 
deposition 

Old CHA (evaporated 
metal deposition) 
Cr/Pt = 200 Å/1000Å 
Deposition rate: 1 Å/sec 

• Deposit metal within 3 
days after Lithography I 
• Total deposition time: 
~3hrs 

19 
Lift-off 

Sonicate in acetone (in 
2L beaker) 

• Use 3 beakers of 
acetone in series to 
clean each wafer.  
• Keep wafers wet by 
rinsing with acetone 
• Rinse with DIW and dry 
with N2 
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20 
Microscope Inspection 

Check for broken leads, 
chipped sites 

III. Insulation layer deposition 

Oxide/Nitride 
Deposition 

21 PECVD 
oxide 

STS PECVD: 7500 Å 
Recipe: HFSIOST 
Time: ~30min 

• Sonicate with acetone and 
blow dry wafer with N2 
prior to placing in 
machine 
• Check deposition rate 
first (~10 min), then 
measure the thickness 

22 
Nanospec 

Measure SiO2 thickness 
(Silicon dioxide on 
silicon) 
Goal: 7500 Å 

Use measured value 
subtracts field oxide 
thickness to calculate 
deposited thickness 

23 PECVD 
nitride 

STS PECVD: 7500 Å 
Recipe: HFSINST 
Time: ~50min 

 

24 
Nanospec 

Nanospec Measure 
Si3N4 thickness 
(silicon nitride on 
silicon dioxide) 
Goal: 7500 Å 

For previous oxide 
thickness, type in average 
from step #22 

IV. Open electrodes/soldering pads 

Lithography 
II 

25 Dehydration 
bake 

T=150°C 
Time ≥ 5 min 

Drive off moisture 

26 
HDMS coat 

Improve PR adhesion 
Time ≥ 5 min 

 

27 Photoresist 
spin coat 

PR: AZ5214-EIR 
Thickness: ~1.6μm 
2500 RPM 
Ramp = 1000 
Time = 30sec 

• Clean wafer chuck with 
acetone 
• Make sure PR covers 
at least 2/3 of the wafer 
surface prior to spin 
To program the spin 
coating please see step 12. 

28 
Soft bake 

T=100°C, time = 1 min. 
(critical) 
Place at the center of 
hotplate 

Make sure wafer is flat on 
hotplate 

29 
Exposure 

Karl Suss alignment: 
Soft contact, expose for 
18 sec (when power = 8 
mW/cm2) 

If power varies, use this 
formula to correct exposure 
time: 
t (sec) = 18× (8 / actual 
power in mW/cm2) 
Make sure four alignment 
marks are all matched 
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30 
Development 

Remove exposed PR 
DIW:AZ400K = 5:1 
~19 sec. 

Swishing back and forth 

31 
Microscope Inspection 

Make sure wafer is fully 
developed. 

32 
Hard bake  

T = 150°C, 5min. Place 
at center of 
hotplate 

• Do not post bake 
before inspection 
• Let cool before storing 

Nitride/Oxide 
Etch 

33 Si wafer 
carrier 

Apply moist cooling 
grease on 500μm Si 
wafer carrier 
Bake more than 3min 
@ 80°C on hotplate 

• Use q-tips to apply 
grease in circles over 
entire surface of carrier 
wafer 
• Make sure wafer 
backside is clean of 
grease 
• Stick wafer onto carrier 
wafer tightly by placing 
onto wafer and rotating 
until flats are aligned 
Use Kimwipe absorbed 
with acetone to remove the 
photoresist along the edge 
of the wafer, otherwise the 
PR may get burnt and stick 
on the sucker.  

34 Nitride and 
oxide etch 

AOE (recipe: 
OXIDAPIC) 
Etch time: ~4 min. (this 
etch time may be longer 
or shorter depending on 
the status of the AOE) 

• Remove 1.5 μm of 
nitride and oxide 
insulation layer 
• Do not run the etching 
more than 2 min for 
each time 
Perform O2 clean first with 
thick dummy wafer 

35 
Inspection Voltmeter or Nanospec 

• Voltmeter: check if 
resistance between test 
metal electrodes is zero. 
• Nanospec: check if 
thickness of oxide ≤field 
oxide thickness (oxide 
thickness<10,000A) 

Cleaning 
Steps 

36 
PR strip 

Matrix stripper (Matrix 
Asher 105) 
“3 min strip” recipe 

Make sure to keep wafer 
stuck to carrier wafer until 
after this step 

37 Release 
carrier 

Slide wafer off 
carefully 

Clean wafer backside and 
carrier wafer with acetone 

V. Define probe outline 
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Lithography 
III 

38 Dehydration 
bake 

T=150°C 
Time ≥ 5 min 

Drive off moisture 

39 Photoresist 
spin coat 

PR: AZ4620 
Thickness: ~7μm 
3000RPM, 
Ramp: 1000, 
Time: 30sec 

• Clean chuck with 
acetone 
• Make sure PR covers 
at least 2/3 of wafer 
surface 
To program the spin 
coating please see step 12. 

40 Soft bake 
(prebake) 

T=100°C, 1’30”. 
(critical) 
Place at center of 
hotplate 

Make sure wafer is flat on 
hotplate 

41 
Exposure 

Karl Suss alignment: 
Soft contact, exposure 
time: 18 sec (power: 
8mW/cm2). After the 
exposure relax the 
wafer in ambient 
temperature for 5 mins.  

If power varies, use this 
formula to correct exposure 
time: 
t (sec) = 18× (8/actual 
power in mW/cm2) 
 

42 
Development 

Remove exposed PR 
DIW:AZ400K = 4:1 
4-10 mins. 
Depending on the 
situation higher ratio 
like 3:1 or 2:1 could be 
used  

For post development, 
rinse with DI water for 2 
min. Blow dry with N2 

43 
Microscope Inspection 

Make sure wafer is fully 
developed 

44 
Hard bake 120°C for 5 mins  

Si Wafer 
Etch- 
Through 

45 Si wafer 
carrier 

Apply moist cooling 
grease on 500μm thick 
Si carrier wafer  
Bake 3 min. @ 75°C 

• Use q-tips to apply 
grease in circles over 
entire surface of carrier 
wafer 
• Make sure wafer 
backside is clean of 
grease 
• Stick wafer onto carrier 
wafer tightly by placing 
onto wafer and rotating 
until flats are aligned 

46 Nitride/oxide 
etch 

AOE (recipe: 
OXIDAPIC) 
Etch time: ~7-8 min. 
(This etch time may be 

• Remove all nitride and 
oxide from exposed 
areas 
• Do not run the etching 
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longer or shorter 
depending on the status 
of the AOE) 

more than 2 mins for 
each time 

47 Si etch 
through 

FDRIE (deep reactive 
ion etch): 
Recipe FN-DY 
~20 min. total etch time 
(this etch time may be 
longer or shorter 
depending on the status 
of the FDRIE) 

• Do not run DRIE for 
more than 5 minutes at 
a time (could overheat 
the wafer) 
• O2 plasma clean for 30 
min BEFORE use 

48 
Inspection Microscope 

Do not release wafer from 
carrier until etch through of 
silicon is confirmed. 
Should be able to see 
cooling grease through the 
outlines for silicon etch 
through.  
Also use nanospec to check 
the gap between probes, 
should be less than 100 Å 

Stripping PR 

49 Release 
carrier 

Slide wafer off 
carefully 

Clean carrier with acetone 

50 
PR strip 

PR stripper sink (ALEG 
355) 
T=75°C, at least 30 
min. 

Rinse with DI water for 2 
min. after 
Blow dry with N2 
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Appendix H: Preparation of Glutamate and Choline Sensors 

H.1 Materials 

 L-Glutamate oxidase (EC 1.4.3.11) obtained from US Biological, Choline oxidase from 

Anthrobacter globiformis (Sigma), m-Phenylenediamine (PPD) obtained from Sigma, Nafion (5 

wt. % in lower aliphatic alcohols and water, contains 15-20% water) obtained from Sigma, 

chitosan (From crab shells, minimum 85% deacetylated), Bovine serum albumin (BSA) as 

lyophilized powder obtained from Sigma, Glutaraldehyde solution, 25% in water (Sigma), D-(+)-

glucose, L-ascorbic acid, and dopamine hydrochloride were obtained from Sigma. Sodium 

phosphate buffer (PBS) was composed of 50 mM sodium phosphate (dibasic) and 100 mM sodium 

chloride (pH 7.4). Deionized water was generated using a Millipore Milli-Q Water System and 

was used for preparation of all solutions. 

H.2 Procedure 

H.2.1 Probe Assembly 

1. Detach each probe off of wafer (press on corner w/ fine forceps) and check for broken leads, 

chipped site and poor insulation layer under microscope. 

2. Cut 4 insulated Pt wires per probe and strip one end ~1 cm, another end ~2 mm. 

3. Solder (@ 510 °C) wires on soldering pads of the microprobe. Apply rosin soldering flux 

on the Pt electrode and apply Pt wires on the rosin soldering flux then use solder tip with 

melted lead drop to touch the Pt wires.  
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4. Sonicate the soldered microprobe in isopropyl alcohol for approximately 2 minutes. Rinse 

with DI water and blow dry with gas. Repeat this step with another cleaner isopropyl 

alcohol again. 

5. Insulate the soldered part with epoxy on the back/front side of microprobe. Repeat this step 

until no wire or solder is exposed. Wait for about 20 mins.  

6. Label probe with tape 

H.2.2. Acid clean 

A clean scan in 0.1 M H2SO4 (diluted with DI water; Cyclic voltammetry: -0.2 V to 1.5 V, 50 

mV/s, 5 cycles) was done to remove any surface impurities. 

H.2.3 Bare sensor test 

1. Make a 10 mM H2O2 (diluted with DI) dilution solution.  

2. A bare sensor test in 10 mL PBS (0.7 V vs Ag/AgCl) was done to check sensor response 

to 20 μM H2O2 (inject 20 μL of 10 mM H2O2). Good sensors should give an increase in 

current of ~2 nA. 

H.2.4 PPD deposition and Nafion coating 

1. Prepare 5 mM PPD in 1X PBS (5.4 mg PPD powder + 10 mL 1X PBS) in 15 mL falcon 

tube. Sonicate vortex and sonicate for complete mixing. 

2. Electrodeposit PPD: Apply 0.85 V vs Ag/AgCl until charge, Q (nA*h) reaches 0.21.  

3. The pH of the chitosan solution (0.04% m/v) was adjusted to pH = 3 using hydrochloric 

acid (HCl) to dissolve the chitosan flakes. After filtering with a 0.2 μm syringe filter, the 

pH was adjusted to 5 using sodium hydroxide (NaOH) solution (0.5 M). A constant 
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potential of -0.7 V vs. Ag/AgCl was applied at the PPD-coated Pt electrode surface for 2 

min while immersed in the chitosan solution to electrodeposit a chitosan film.  

4. Dip-coat in 2% Nafion and bake the sensor at 115 °C for 20 minutes. 

H.2.5 Enzyme immobilization with micro contact printing  

1. One 2 μL aliquot of GluOx (0.25 U/μL; 3 mg/ml diluted with DI) was mixed with 1-4 μL 

BSA solution (10 mg/mL diluted with DI) depends on the status of GlutOx; Or one 4 μL 

aliquot of ChOx (0.5 U/μL; 20 mg/ml diluted with DI) was mixed with either 1 μL PMPC-

g-PAH polymer (20 mg/ml) or 2 μL BSA solution (60 mg/mL diluted with DI).  

2. A droplet (∼3 μL) of the prepared enzyme ink was deposited on the PDMS micro-stamp 

and with the micro-stamp located on the center of the droplet.  

3. Pre-align the micro-stamp with the target Pt electrode under microscope.  

4. Monitor under the microscope and wait ~20 mins to see the edge of the ink droplet shrink 

to a similar size of the micro-stamp but still maintain wettability with high viscosity. 

Perform the stamping by raising the microscope stage to make gentle contact with the 

PDMS micro-stamp. 

5. The microprobe was exposed to vapor from 5% glutaraldehyde (GAH) solution at room 

temperature for 1 min.  

6. Sensor stored at 4 °C at least overnight. 

 

  




