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Abstract 

Bringing a biosensor from laboratory demonstration to practical use depends as 
much on fabrication as on the sensing principle itself. This thesis develops 
fabrication strategies that overcome specific technological barriers across 
biosensing domains: from single-molecule electrochemical detection to real-
time optical monitoring in organ-on-chip platforms. 

In the electrochemical domain, the thesis identifies the conditions under which 
metal-assisted chemical etching enters the self-limiting regime in ultrathin 
silicon-on-insulator membranes, where catalyst size decouples from pore size, 
yielding ~5 nm pores with 1 nm variability (Papers I, II). A complementary 
approach translates micrometer-scale lithographic features into sub-10 nm 
pores through controlled fracture of pre-stressed membranes, validated for both 
electrical and optical single-molecule DNA detection down to 30 bases (Paper 
III). A two-tier fabrication architecture for organic electrochemical transistors 
decouples electrode routing from polymer channel definition via direct 
femtosecond laser writing, achieving single-micrometer resolution outside the 
cleanroom; channel outlining confines the ion-transport volume and improves 
switching speed by three orders of magnitude (Paper V). Colloidal self-assembly 
of polystyrene beads in silk fibroin produces biocompatible photonic crystals in 
which the defect-layer bead diameter programs the passband wavelength, 
establishing a design principle for spectral control in biocompatible optical 
structures (Paper IV). This fabrication logic, using particle size to define a 
functional feature in a host material, extends from the silicon nanopore work 
and enables the design of biocompatible photonic crystals. 

In the optical integration domain, laser-machined PMMA modules with 
commodity optoelectronics replace benchtop instruments for continuous pH 
and dissolved oxygen monitoring in microfluidic systems (Paper VI). The 
modular architecture integrates with the bioreactor design without modification 
and operates autonomously from single-bioreactor cell culture through five-day 
multi-organ drug testing, enabling detection of liver-mediated drug conversion 
that is unobservable in single-organ systems (Paper VII). 

Across those domains, understanding the sensing principle, material properties, 
and available fabrication tools guides the development of processes that achieve 
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application-relevant precision while reducing costs and infrastructure 
requirements.  
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Sammanfattning 

Att ta en biosensor från laboratoriedemonstration till praktisk användning beror 
lika mycket på tillverkning som på sensorprincipen i sig. Denna avhandling 
utvecklar tillverkningsstrategier som övervinner specifika tekniska hinder inom 
biosensordomäner: från elektrokemisk detektering av enskilda molekyler till 
optisk realtidsövervakning i organ-på-chip-plattformar. 

Inom den elektrokemiska domänen identifierar avhandlingen de förhållanden 
under vilka metallassisterad kemisk etsning övergår till ett självbegränsande 
regime i ultratunna kisel-på-isolator-membran, där katalysatorstorleken 
frikopplas från porstorleken och ger ~5 nm porer med 1 nm variabilitet (Artikel 
I, II). En kompletterande metod översätter litografiska strukturer på 
mikrometerskala till porer under 10 nm genom kontrollerad fraktur av 
förspända membran, validerad för både elektrisk och optisk detektion av 
enskilda DNA-molekyler ned till 30 baser (Artikel III). En tvånivå-
tillverkningsarkitektur för organiska elektrokemiska transistorer frikopplar 
elektrodledningar från polymerkanalsdefinition via direkt 
femtosekundslaserskrivning och uppnår upplösning på enstaka mikrometer 
utanför renrummet; kanalkonturering begränser jontransportvolymen och 
förbättrar switchhastigheten med tre storleksordningar (Artikel V). Kolloidal 
självorganisering av polystyrenkulor i silkesfibroin ger biokompatibla fotoniska 
kristaller där kuldiametern i defektlagret programmerar passbandsvåglängden 
och etablerar en designprincip för spektral styrning i biokompatibla optiska 
strukturer (Artikel IV). Denna tillverkningslogik, att använda partikelstorleken 
för att definiera en funktionell egenskap i ett värdmaterial, utgår från arbetet 
med kiselnanoporer och möjliggör design av biokompatibla fotoniska kristaller. 

Inom den optiska integrationsdomänen ersätter laserskurna PMMA-moduler 
med standardkomponenter inom optoelektronik bänkinstrument för 
kontinuerlig pH- och syreövervakning i mikrofluidiska system (Artikel VI). Den 
modulära arkitekturen integreras i bioreaktordesignen utan modifikationer och 
arbetar autonomt från cellodling i enskilda bioreaktorer till femdagars 
läkemedelstestning i flerorgansystem, vilket möjliggör detektering av 
leverförmedlad läkemedelsomvandling som inte är observerbar i 
enkelorgansystem (Artikel VII). 

Inom dessa domäner vägleder förståelsen av sensorprincipen, 
materialegenskaperna och de tillgängliga tillverkningsverktygen utvecklingen 
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av processer som uppnår applikationsrelevant precision med minskade 
kostnader och infrastrukturkrav.  
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Sommario 

Il passaggio di un biosensore dalla fase di dimostrazione in laboratorio all'uso 
pratico dipende tanto dal processo di fabbricazione quanto dal principio stesso 
di rilevamento. Questa tesi sviluppa strategie di fabbricazione volte a superare 
specifiche barriere tecnologiche in quattro ambiti: dal rilevamento 
elettrochimico di una singola molecola al monitoraggio ottico in tempo reale 
nelle piattaforme «organ-on-chip» (organi-su-chip). 

La prima parte riguarda i nanopori: minuscoli fori in una membrana di silicio, 
talmente piccoli che una singola molecola di DNA li occupa quasi interamente. 
Facendo passare la molecola attraverso il poro, è possibile identificarla. 
Produrre fori di questa dimensione, pochi miliardesimi di metro, è una sfida 
tecnologica che oggi richiede strumenti costosi e operatori specializzati. Questa 
tesi mostra come, sfruttando un fenomeno chimico autolimitante finora non 
riportato in letteratura, sia possibile fabbricare questi fori in parallelo su larga 
scala. 

La seconda parte è dedicata ai cristalli fotonici biocompatibili, strutture capaci 
di manipolare la luce e realizzate con materiali compatibili con l'organismo 
umano, come la seta. La tesi mostra un metodo per introdurre nanostrutture 
all’interno della seta che permettono di scegliere la lunghezza d’onda della luce 
trasmessa, aprendo la strada a sensori ottici impiantabili. 

La terza parte è dedicata ai transistor elettrochimici organici, dispositivi che 
permettono di misurare molecole come il glucosio o componenti del sudore, e 
che potrebbero contribuire alla prossima generazione di sensori indossabili a 
basso costo. Per definire le geometrie di questi sensori, è solitamente necessario 
ricorrere all’uso di una camera bianca. Questa tesi presenta una tecnica basata 
sulla scrittura laser che raggiunge la stessa precisione, ma al di fuori della 
camera bianca. 

L'ultima parte è dedicata agli organi-su-chip, piattaforme miniaturizzate dove 
cellule umane vengono coltivate per ricreare il funzionamento di tessuti ed 
organi. Queste piattaforme potrebbero ridurre il ricorso alla sperimentazione 
animale per testare nuovi farmaci. La tesi sviluppa un sensore ottico a basso 
costo, in grado di monitorare in tempo reale le funzioni vitali delle cellule, 
tramite parametri come il pH e l'ossigeno. 
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Il filo conduttore di tutto il lavoro è uno: comprendere a fondo il principio fisico 
del sensore, le proprietà dei materiali, e le possibilità degli strumenti a 
disposizione. Questa comprensione permette di sviluppare processi di 
fabbricazione più semplici, più economici, e più pronti a uscire dal laboratorio 
rispetto agli approcci tradizionali. 
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 Chapter 1 
Introduction and Background 

Whether a biosensor reaches practical use depends not 
only on its sensing performance but on its fabrication: 
without a scalable process, even a proven sensing 
principle remains a laboratory demonstration. This 
thesis develops fabrication solutions across two 
sensing modalities, electrochemical and optical, each 
targeting a specific barrier between a working sensor 
and its scalable production. 
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1.1 Biosensing methods 

The fabrication challenges addressed in this thesis arise from sensing domains 
that span five orders of magnitude in feature size, from single-nanometer pores 
to millimeter-scale microfluidic platforms. In each case, the transduction 
physics defines the required precision, and the gap between that requirement 
and the available fabrication routes motivates the work presented in Chapters 
2-5 [1], [2], [3], [4]. 

Single-molecule analysis underpins next-generation diagnostics and DNA 
sequencing, yet resolving individual biomolecules requires sensors with 
apertures matched to the analyte size [5], [6], [7], [8]. Solid-state nanopores 
achieve this by confining molecules within nanometer-scale openings in a 
membrane, where each translocation event produces a characteristic current 
signature [5], [9], [10]. The pore diameter must approach that of the analyte, 
demanding single-nanometer fabrication precision [1], [7], [11]. Current 
methods that achieve this precision rely on serial techniques, expensive 
instrumentation, and specialized operators, limiting large-scale deployment [1], 
[12], [13], [14]. 

Rapid, low-cost biosensors for metabolites and electrolytes are essential for 
point-of-care diagnostics and wearable health monitoring [15], [16], [17]. 
Organic electrochemical transistors address this need by using ions from the 
electrolyte to reversibly dope a conducting polymer channel, transducing 
analyte information into a modulated electronic current [18], [19], [20]. Both 
steady-state amplification and switching dynamics depend on the channel 
geometry, making precise patterning of the active material essential for device 
performance [21], [22], [23], [24]. Achieving single-micrometer channel 
definition has typically required cleanroom photolithography, which has 
restricted rapid prototyping and limited adoption in low-volume, low-cost 
applications [24], [25], [26], [27]. 

Drug development suffers from high attrition rates, with only a small minority 
of candidates reaching approval and many failures reflecting efficacy or safety 
issues not predicted by conventional preclinical models [28], [29], [30], [31], 
[32]. Organ-on-chip platforms address this gap by culturing living cells under 
conditions that mimic human physiology [33], [34], [35], [36]. However, 
accurate assessment of the cellular microenvironment requires continuous 
monitoring of parameters such as pH and dissolved oxygen [4], [37], [38], [39]. 
Many current platforms still rely on external benchtop instrumentation or off-
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chip assays, and manual sampling can interrupt the culture environment and 
limit real-time measurement [3], [4], [40], [41]. Integrating compact optical 
sensors directly within the microfluidic format would enable continuous, non-
disruptive monitoring, and remains an open challenge [42], [43], [44]. 

These domains span five orders of magnitude in feature size, from 4 nm 
nanopores to millimeter-scale organ-on-chip platforms, and they share a 
common bottleneck: the sensing principle is established, but existing fabrication 
routes force a trade-off between dimensional precision and scalable production. 
This thesis develops fabrication strategies that break this trade-off, moving each 
sensor one step closer to practical deployment. 

1.2 Fabrication solutions 

Each of the seven papers in this thesis targets a specific instance of this trade-
off. Papers I [45]and II [46] reveal a self-limiting regime not previously reported 
in metal-assisted chemical etching: when 200 nm gold nanoparticles etch 
nanopores through sub-20 nm silicon membranes, pore diameter becomes 
independent of catalyst size. Paper I [45] establishes the fabrication framework 
by identifying the conditions for this decoupling and by introducing optical 
process control; Paper II [46] validates the fabricated devices as nanopore 
sensors and confirms that their electrical behavior is consistent with the 
proposed pore geometry. In Paper III [47], understanding stress distribution in 
suspended micrometer-scale beams enables fabrication of sub-10 nm pores 
from lithographic features three orders of magnitude larger. 

Paper IV [48] programs the passband wavelength of a silk inverse opal by 
selecting the defect-layer bead size, transferring a design principle from 
semiconductor photonics to a biocompatible material. Paper V [49] exploits 
multiphoton absorption to selectively pattern conducting polymers without 
damaging the underlying layers, achieving single-micrometer OECT channels 
outside the cleanroom. Papers VI [50] and VII [51] replace benchtop optical 
instruments with modular photodiode modules for continuous pH and 
dissolved oxygen monitoring inside organ-on-chip platforms. 

Papers I and II exploit a regime not previously observed; Papers III–VII apply 
known principles to new fabrication problems. 
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1.3 Thesis objectives and structure 

The thesis comprises six chapters followed by the reprints of seven papers. 
Chapters 2–5 follow a common template: each opens with the state of the art, 
presents the fabrication solution and its validation, and closes by assessing the 
work's limitations and identifying future directions. Chapter 6 synthesizes the 
results across all four domains and identifies open questions. 

This thesis addresses four objectives, each targeting a specific fabrication 
barrier: 

1. Fabricate sub-10 nm solid-state nanopores through two scalable routes, 
self-limiting metal-assisted chemical etching (Papers I, II) and stress-
induced mechanical ripping (Paper III), and validate both for single-
molecule DNA sensing (Chapter 2). 

2. Establish a design rule that programs the passband wavelength of a 
biocompatible photonic crystal by selecting the defect-layer particle 
diameter during solution-processable template assembly (Paper IV, 
Chapter 3). 

3. Develop a cleanroom-free fabrication strategy for organic 
electrochemical transistors that achieves micrometer-scale channel 
definition (Paper V, Chapter 4). 

4. Integrate optical pH, dissolved oxygen, and temperature sensors into 
microfluidic organ-on-chip platforms for continuous real-time 
monitoring during multi-day cell culture experiments (Papers VI, VII, 
Chapter 5). 
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 Chapter 2 
Solid-State Nanopores 
Fabrication and Sensing 

Solid-state nanopores enable label-free single-molecule 
analysis, yet no scalable method produces sub-10 nm 
pores with controlled dimensions. Paper I establishes a 
predictive framework that produces approximately 4 
nm pores from catalysts as large as 200 nm, verifies 
them optically during fabrication, and confirms sensor 
function through DNA translocation; Paper II  
establishes DNA conformation detection and multi-
hour operational stability. 

 
  



6 

2.1 State of the art 

Label-free detection of individual biomolecules requires sensors whose critical 
dimensions match those of the analyte. Nanopore sensors achieve this by 
confining molecules within a nanometer-scale aperture in a thin membrane; a 
voltage applied across the membrane drives ions through the pore, and each 
molecule that translocates perturbs the ionic current, producing a transient drop 
in conductance known as a current blockade. The magnitude of this conductance 
change reflects excluded volume and pore geometry, while the event duration 
depends on molecular length, charge, conformation, and interactions with the 
pore (Figure 2.1) [5], [9], [11]. The sensitivity of this measurement depends 
directly on the pore geometry: the pore diameter must slightly exceed the 
analyte cross-section to produce a measurable current blockade, and the 
membrane thickness defines the sensing volume over which the analyte 
modulates ionic current [8], [52]. 

 
Figure 2.1. Nanopore sensing principle. (a) A constant voltage applied across a nanometer-scale pore 
drives ionic current through the aperture. (b) A translocating molecule displaces ions within the pore, 
producing a transient current blockade. (c) The current returns to baseline as the molecule exits. Adapted 
with permission from [53]. Copyright 2025 American Chemical Society. 

Biological nanopores such as alpha-hemolysin and MspA provide atomically 
defined constrictions that have enabled commercial DNA sequencing [54], [55]. 
Solid-state nanopores offer complementary advantages: tunable pore 
dimensions, compatibility with semiconductor processing, and operation over a 
broader range of voltages, pH, and temperatures [6]. Realizing these advantages 
requires fabrication methods that reliably achieve sub-10 nm resolution at scale, 
which remains an open challenge [1], [56]. 

Serial techniques set the precision benchmark for solid-state nanopore 
fabrication. Transmission electron microscopy (TEM) drilling and focused ion 
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beam (FIB) milling achieve approximately 2 nm resolution with direct visual 
feedback and precise placement control [12], [57]. These methods produce one 
pore at a time, leverage expensive tools, and require highly specialized 
operators, precluding their use as manufacturing routes [1], [13]. 

Controlled dielectric breakdown (CBD) forms few-nanometer pores by 
monitoring ionic current in real time. The equipment barrier is low, and many 
groups have adopted the approach. However, pore location within the 
membrane is stochastic, and reproducibility, dimensional control, and long-
term stability remain active challenges, especially for array-scale 
implementation [58], [59], [60], [61]. 

Wafer-scale lithographic approaches, including extreme ultraviolet lithography 
and spacer-defined processes such as SpacerX, have demonstrated open-pore 
rates exceeding 99.9% [62], [63], [64]. These represent the strongest existing 
evidence for foundry-compatible nanopore manufacturing. However, the pore 
diameters demonstrated to date range from 10 to 30 nm, and these approaches 
have not yet reached the sub-10 nm regime [64]. 

No established method yet combines sub-10 nm precision, parallel throughput, 
and validated biomolecule sensing in a single manufacturable platform. This 
chapter addresses this gap through two strategies: self-limiting metal-assisted 
chemical etching (Papers I and II [45], [46]) and stress-induced mechanical 
ripping (Paper III [47]). 

2.2 Wet etching nanopores 

To develop a scalable fabrication method for producing sub-10 nm pores, this 
work exploits gold (Au) nanoparticles that, through metal-assisted chemical 
etching (MACE), form channels through ultrathin (<20 nm) silicon-on-
insulator (SOI) substrates. Paper I develops a predictive framework for a 
previously unreported self-limiting regime that yields 4 nm pores from particles 
as large as 200 nm, demonstrates its validity in 12 and 18 nm monocrystalline 
silicon layers, and confirms sensor function in the 18 nm devices through DNA 
translocation. Paper II establishes DNA conformation detection and multi-hour 
stability in the 12 nm devices [45], [46]. 
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2.2.1 Metal-assisted chemical etching 

In metal-assisted chemical etching, a noble metal nanoparticle catalyzes the 
local oxidation and dissolution of Si in a solution of 𝐻𝐻𝐻𝐻 and 𝐻𝐻2𝑂𝑂2. As the particle 
sinks into the substrate, it creates a channel whose size and shape closely match 
the catalyst geometry [65], [66]. 

When MACE targets the Si device layer of SOI substrates, the nanoparticle 
reaches the buried oxide layer (BOX) and forms a channel through the entire 
device layer: the nanopore. Paper I systematically mapped pore diameter as a 
function of particle diameter (d, from 10 to 200 nm) and Si thickness (t, 12 and 
18 nm), identifying d/t as the parameter that predicts whether MACE will enter 
the self-limiting regime (Figure 2.2). 

In the proportional regime (d/t < 0.8), pore diameter scales with particle size. 
At d/t = 0.56, 10 nm particles on 18 nm Si yield pores of 11.5 ± 1.9 nm (N = 11). 
Liu et al. reported individual MACE pore dimensions in bulk Si that follow a 
similar trend [66]; Paper I formalizes this as 𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑝𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑𝑑 ≈ 1.1 × 𝑑𝑑 and 
confirms it quantitatively in ultrathin membranes (Figure 2.3).  

 
Figure 2.2. Process parameter space for MACE as a function of Au nanoparticle diameter and Si device 
layer thickness. Four regimes are identified: proportional MACE (blue, d/t < 0.8), where pore diameter 
scales with particle size; a stochastic transition region (yellow, 0.8 ≤ d/t < 1.1), where particle detachment 
is probabilistic; self-limiting MACE (green, d/t ≥ 0.8), where pore diameter ~4 nm independently of 
particle diameter; and a mechanically unstable regime (purple), where membranes of t = 5 nm display 
irregular pore formation. Circles indicate conditions experimentally characterized by TEM (N = 4–19 
pores per condition). Adapted from Paper I [45]. 
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Above d/t ≥ 0.8, pore diameter converges to ~4 nm regardless of particle size, a 
behavior termed self-limiting MACE. TEM image analysis of 57 pores in this 
regime, spanning particle diameters from 15 to 200 nm, yields 4.8 ± 0.9 nm in 
18 nm Si and 4.3 ± 1.1 nm in 12 nm Si. The method reduces dimensional 
variability up to 10-fold: particle diameter dispersion of ±10 nm at 200 nm 
translates to pore size variation of ±1 nm (Figure 2.3). 

For 0.8 ≤ d/t < 1.1, particle release becomes variable, creating a stochastic 
transition region. When the particle detaches, TEM imaging reveals pore 
diameters that average approximately 4 nm. When it remains in place, direct 
measurement is not possible, but gold etching performed in Paper II reveals 
sub-5 nm pores beneath the trapped particles. To ensure reliable particle release 
and enable optical process verification, the method targets the largest available 
particles. 

 
Figure 2.3. Nanopore diameter as a function of Au nanoparticle diameter for t = 18 nm Si device layer. 
In the proportional regime (blue, d/t < 0.8), pore diameter scales with particle size (blue line, 1.1× scaling). 
In the self-limiting regime (d/t ≥ 0.8), pore diameter converges to 4.8 ± 0.9 nm (green line) independently 
of catalyst size, spanning particles from 15 to 200 nm. Each point represents a single pore measured by 
TEM. Adapted from Paper I [45]. 

The 𝐻𝐻2𝑂𝑂2 concentration provides an additional control parameter: at 16 mM, 
pores form circular cross-sections, while higher concentrations induce lateral 
particle motion during etching, producing elongated slit-shaped pores. 

Thinner membranes resolve finer structural features along the translocating 
molecule, motivating the use of thinner Si device layers [67]. However, t = 5 nm 
layers did not support stable pore formation under the chemistries tested: 10 nm 
particles produced irregular pores exceeding 20 nm, indicating that alternative 
etch conditions are needed to extend the method below 12 nm. 
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2.2.2 Optical process control 

Nanopore sensing typically operates with a single pore per membrane. Because 
nanoparticle deposition is a stochastic process governed by Poisson statistics, 
the probability of depositing exactly one particle on a given membrane cannot 
exceed 36% (Poisson statistics, P(x=1) for λ = 1). Devices that receive zero 
particles, however, can be reprocessed, making in-process verification a viable 
strategy for increasing single-pore yield. Paper I validates the two optical 
techniques needed to implement such a strategy: one to count deposited 
particles before etching, and one to confirm channel formation afterward. The 
fabrication workflow deposits Au nanoparticles on the exposed Si surface 
(Figure 2.4(C)), verifies particle count by dark-field microscopy (Figure 
2.4(D)), performs MACE to form nanopores (Figure 2.4(E)), and confirms 
pore formation by bright-field differential interference contrast (DIC) detection 
of BOX undercuts (Figure 2.4(F)). TEM validation confirms ~4 nm pores at 
the center of each undercut (Figure 2.4(G)). 

Epi-dark-field microscopy of the membrane surface after nanoparticle 
deposition, combined with automated image analysis, enables detection of 
individual Au nanoparticles. Across more than 1000 samples, particle density 
scales linearly with deposition number, and the distribution follows near-
Poisson statistics for single and double depositions. The Poisson-distributed 
deposition enables a priori selection of deposition conditions that maximize 
single-particle yield, harnessing the stochastic process for predictable design. 

After etching, DIC microscopy detects buried oxide undercuts with lateral 
dimensions of 180 nm or larger. Energy-filtered TEM (EF-TEM) thickness 
mapping confirms that undercuts of this size correspond to complete through-
channels, establishing DIC contrast as a reliable non-destructive indicator of 
pore formation. Both techniques operate at wafer-level throughput and are 
compatible with automated inspection. 
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Figure 2.4. Nanopore fabrication by self-limiting MACE with two-stage optical process control. (C) Au 
nanoparticles are deposited on the exposed Si surface by drop-casting colloidal solution with HF. (D) First 
process control checkpoint: epi-dark-field microscopy detects deposited 200 nm Au nanoparticles within 
8 µm SiNx openings; automated image analysis counts particles per opening (yellow circles). Devices 
with insufficient particle counts return to deposition. (E) Self-limiting MACE forms nanopores with 
characteristic undercuts in the BOX layer. (F) Second process control checkpoint: epi-bright-field DIC 
microscopy detects undercuts after etching, confirming successful pore formation. (G) TEM validation at 
increasing magnification: undercuts localize nanopore positions (left), single undercut with pore at center 
(center), and 4 nm diameter nanopore (right). Adapted from Paper I [45]. 

  



12 

2.2.3 Sensor validation through DNA conformation detection 

To validate the self-limiting MACE platform for sensing, Papers I and II report 
electrical measurements and DNA translocation detection in 18 nm and 12 nm 
silicon membranes, respectively. 

Current-voltage characteristics are ohmic, with conductances ranging from 
11 nS to 210 nS across devices. Since self-limiting MACE produces pores of 
uniform diameter, the measured conductance increases in discrete steps, 
enabling the estimation of the number of pores per membrane from I-V 
measurements. 

In Paper I, two 18 nm Si devices, one with a single pore and one with 16 pores, 
were characterized electrically and benchmarked against CBD controls 
fabricated in-house. SEM undercut counts agreed with I-V measurements: the 
188 nS conductance of the multi-pore device corresponds to ~12 nS per pore, 
matching that of the single-pore device, and noise levels match those of the CBD 
control on the same setup. Modeling each DNA blockade as a cylindrical pore 
yields an effective diameter of 2.7 ± 0.2 nm and an effective length of 3.5 ± 
0.7 nm (4162 events at 300 mV, 2 kbp dsDNA, multi-pore device). The narrow 
distribution of blockade amplitudes across the 16 parallel pores provides 
independent evidence of a uniform-diameter population, complementing the 
TEM statistics. The effective length, well below the 18 nm device layer, is 
consistent with a tapering channel that follows the catalyst toward the BOX 
interface. 

In Paper II, translocation of 2 kbp double-stranded DNA (Calf Thymus) in 1 M 
KCl at 200 mV bias produces two conductance-drop populations: ~7 nS 
(unfolded conformation, 80% of events) and ~12 nS (folded conformation, 
19%), with multi-level events accounting for the remainder (Figure 2.5(c, d)). 
The signal-to-noise ratio reaches ~7.8 at 300 mV (Figure 2.5(b)), within the 
range reported for solid-state nanopore platforms [67]. Events occur on average 
every 0.8 s with individual durations below 1 ms (Figure 2.5(a)), consistent 
with discrete single-pore translocation despite the presence of multiple pores 
per membrane.  

The devices maintain stable conductance over extended recording: drift remains 
below 10%, from 206 nS to 189 nS, over 6 hours of continuous operation. Long-
term pore stability during electrical measurements is rarely reported in the 
nanopore fabrication literature, which more commonly documents pore 
reshaping strategies [68]. Among the surveyed literature, Bandara et al. provide 
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the only comparable report, reporting stable operation of CBD-fabricated pores 
for approximately 1 hour [69]. The combination of conformation-level detection 
and multi-hour stability confirms that self-limiting MACE enables the parallel 
wet-chemical production of functional nanopore sensors. 

 
Figure 2.5. DNA translocation through self-limiting MACE nanopores (device with 210 nS conductance, 
multiple pores per membrane). (a) Representative current blockade events at 200 mV bias (200 kHz, 
unfiltered): single-level events (I, II), a two-level event (III), and a long-duration event (IV). (b) Signal-
to-noise ratio versus bias voltage; error bars indicate standard deviation. (c) Conductance drop 
probability density at 100–400 mV; two peaks emerge at 200 and 300 mV. (d) Scatter plot of 
conductance drop versus translocation time at 200 mV (771 events) and 400 mV (1241 events); two 
clusters at ~7 nS and ~13 nS at 200 mV correspond to unfolded (80%) and folded (19%) dsDNA 
conformations. Reproduced with permission from Paper II [46]. Copyright 2025 American Chemical 
Society. 
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2.3 Ripping nanopores 

Where self-limiting MACE produces the smallest pores demonstrated in this 
thesis, it does not control pore placement within the membrane. Stress-induced 
ripping (Paper III [47]) addresses this limitation by defining pore location 
lithographically while retaining sub-10 nm dimensions, and extends nanopore 
fabrication to materials beyond silicon. The membrane infrastructure and 
characterization protocols developed for Papers I [45] and II [46] supported the 
development of this second route. 

2.3.1 Stress-induced ripping 

To achieve sub-10 nm pores with deterministic placement, stress-induced 
ripping decouples pore dimensions from lithographic resolution by converting 
stored mechanical energy into a controlled fracture. A multilayer stack (2 nm 
HfO2 / 10 nm Al2O3 / 10 nm HfO2), deposited by atomic layer deposition (ALD) 
with 0.17% residual tensile strain, is patterned into micrometer-scale beams by 
standard i-line lithography. Selective etching of the sacrificial anchor layer 
releases the beam; the resulting stress concentrates at the anchor edges, 
propagating a crack along the anchor contour that tears a nanoscale fragment 
from the membrane and creates a pore (Figure 2.6(a)). The stress distribution 
and fracture properties of the membrane, not the lithographic feature size, 
govern the final pore dimensions. 

This decoupling yields pores of 9.2 ± 2.5 nm from 3.2 µm beams at 72% yield, 
increasing to 94% for 15.5 nm pores, a size amplification of approximately 350×. 
A single 100 mm wafer produces more than 1,000 chips, each containing 
individual nanopores (Figure 2.6(b)). The ripping mechanism generalizes 
across HfO2, Cr, and SiGe membranes with thicknesses as low as 2 nm. 
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Figure 2.6. Stress-induced nanopore ripping. (a) Ripping process: a pre-stressed beam is patterned on 
an ultrathin membrane (1), the sacrificial anchor layer is selectively etched (2), and the released stress 
concentrates at the anchor edges, fracturing the membrane to form a nanopore (3). The ALD layer stack 
and a finite-element stress map are shown at right. (b) Wafer-scale fabrication sequence, from layer 
deposition through front-side patterning, KOH back-etch, anchor release, and self-induced ripping, 
yielding more than 1,000 chips per 100 mm wafer. Adapted from Paper III [47]. 

2.3.2 DNA detection 

To validate the sensing function, Paper III characterized ripped pores using the 
same analyte (2 kbp Calf Thymus dsDNA in 1 M KCl) and flow cell developed for 
Paper II. The current-voltage characteristics are ohmic, with negligible 
hysteresis. A 6 nm pore recorded 1,734 translocation events in 30 minutes, and 
a 17 nm pore recorded 1,562 events, with blockade depth scaling with pore size 
as expected for single-molecule transport. Under the same conditions, the multi-
pore MACE membranes from Paper II recorded ~2,400 events in the same time 
frame. The higher event rate is consistent with the larger total pore area of 
MACE membranes, suggesting that capture rate scales with available pore cross-
section across both platforms. 
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Beyond electrical detection, the solid-state nanopores presented in this chapter 
are also compatible with optical readout. Silver-coated ripped pores enable 
surface-enhanced Raman spectroscopy (SERS) during DNA translocation: 
PolyA30 produces approximately 120 photons per event at 100 µs temporal 
resolution, corresponding to approximately 4 photons per nucleotide. SERS 
detection resolves DNA as short as 30 nucleotides, compared to the 2,000-base-
pair strands required for electrical measurements, extending sensing capability 
by approximately 2 orders of magnitude in analyte length and suggesting a path 
toward single-base resolution. 

2.4 Summary, limitations, and outlook 

This chapter establishes two scalable nanopore fabrication methods, both 
validated for single-molecule DNA sensing. 

Within the MACE route, Papers I and II address different aspects of the same 
problem. Paper I identifies the self-limiting regime and turns it into a predictive 
fabrication framework with optical process control, and confirms that the 
resulting pores operate as DNA sensors with uniform performance across 
parallel arrays. Paper II establishes that these pores distinguish folded from 
unfolded DNA conformations with consistent translocation signatures over 
multi-hour recordings. Together, these two papers provide a scalable wet-
chemical route to nanopore sensors at the single-nanometer scale. 

The two methods occupy distinct and complementary positions. MACE reaches 
the smallest pores demonstrated in this work (down to 2.8 nm, Paper II) in 
monocrystalline silicon without lithographic patterning, producing membranes 
in a low-capacitance SOI architecture. Stress-induced ripping trades slightly 
larger pores (9.2 nm) for deterministic placement defined by standard 
lithography, geometric shape control through beam design, and material 
versatility across HfO2, Cr, and SiGe. The choice between methods, therefore, 
depends on whether the application prioritizes minimum pore size, placement 
control, or material flexibility. 

The immediate next step for both methods is wafer-level statistical 
characterization of pore yield and dimensional uniformity, moving beyond the 
chip-level validation reported here. For the MACE route, the d/t phase diagram 
provides a quantitative starting point: systematic mapping across the self-
limiting regime at wafer scale would define the process window for volume 
production [62], [63]. For ripping, the deterministic lithographic placement 
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already supports high-density arrays, but yield statistics across full wafers 
remain to be established. 

Looking further ahead, the SERS results from Paper III demonstrate that the 
nanopores fabricated in this chapter are compatible with optical single-molecule 
readout, enabling detection of DNA strands two orders of magnitude shorter 
than those accessible by electrical measurement. This combination of scalable 
pore fabrication and optical detection points toward single-molecule 
sequencing, a direction developed in Chapter 6. 
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 Chapter 3 
Tunable Optical Defects in 
Biocompatible Photonic Crystals 

Photonic crystals in biocompatible materials hold 
promise as implantable optical filters and sensors, but 
a fabrication strategy for introducing controlled 
defects has yet to be demonstrated. This work 
programs the passband wavelength of a silk fibroin 
inverse opal by defining the colloidal particle size 
forming the planar defect, establishing a design 
principle for spectral control in biocompatible 
photonic crystals. 
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3.1 State of the art 

The previous chapter demonstrated that an isolated colloidal nanoparticle can 
program the size and position of a nanopore in a silicon membrane. This chapter 
leverages the self-assembly of colloidal nanoparticles to create periodic 
structures in silk fibroin, a biocompatible and biodegradable biopolymer 
derived from the Bombyx mori silkworm [70], [71]. The periodic structure alters 
the propagation of light within the material, forming a photonic crystal. Much 
as the periodicity in atomic potential creates an electronic bandgap in 
semiconductors, a periodically varying refractive index on the scale of optical 
wavelengths creates a photonic crystal whose photonic bandgap inhibits light 
propagation over a defined frequency range [72], [73]. 

The stopband position responds to lattice variations at the nanometer scale and 
to changes in the material’s refractive index. Changes in the photonic bandgap 
manifest as measurable shifts in the reflectance spectrum, encoding chemical or 
biological information directly into an optical signal, without the need for 
fluorescent labels or electrical contacts [72], [74]. Photonic crystals fabricated 
from biocompatible materials are therefore attractive as colorimetric interfaces 
and as optical components for biomedical sensing [75], [76]. Applications 
already explored in the broader literature include glucose monitoring [77], [78], 
[79], implantable optical sensing[80], [81], [82], and tissue-integrated optical 
interfaces [71], [83], [84]. 

In three-dimensional face-centered cubic (FCC) inverse opals, the spectral 
position of the stopband center (𝜆𝜆𝑐𝑐) is governed by the Bragg-Snell law. For 
normal incidence, this simplifies to 𝑚𝑚𝜆𝜆𝑐𝑐 = 2𝐷𝐷𝑛𝑛𝑒𝑒𝑒𝑒𝑒𝑒, where 𝑛𝑛𝑒𝑒𝑒𝑒𝑒𝑒 represents the 

effective refractive index of the composite medium and 𝐷𝐷 is the spatial period 
[85], [86]. This relation sets the spectral position of the bandgap, whereas 
sensing resolution also depends on the spectral width of the feature used for 
detection. Narrower features are especially valuable because they make small 
perturbations easier to resolve [73], [87].  

Among the different photonic-crystal architectures explored for sensing, inverse 
opals are especially attractive because their porous three-dimensional structure 
combines a well-defined bandgap with efficient analyte access [74], [85], [88]. 
In practice, these structures are commonly fabricated through bottom-up 
colloidal self-assembly of monodisperse spheres into FCC lattices, a scalable and 
versatile route to opals and inverse opals [74], [85]. Kim et al. demonstrated that 
silk fibroin can serve as the matrix material for an inverse opal, producing a 
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biocompatible photonic crystal with structural color in the visible range [86]. 
Wang et al. subsequently enabled centimeter-scale fabrication of defect-free silk 
inverse opals through layer-by-layer scooping transfer at the water-air interface 
[89]. 

These silk inverse opals transduce environmental changes through shifts of the 
stopband [90], [91]. Introducing a planar defect, a single layer with a distinct 
thickness or refractive index, breaks the periodicity and creates a localized 
optical mode within the bandgap [92], [93]. The defect mode manifests as a 
narrow reflectance dip within the bandgap, sharpening the spectral response 
and increasing sensitivity to perturbations in the defect layer [87]. Although 
defect engineering was already established in non-biopolymer photonic crystals 
[92], [93], no fabrication route existed to introduce controlled defects in silk 
photonic crystals, leaving spectral narrowband design out of reach for this 
material system. This work builds on Wang’s layer-by-layer fabrication method 
and introduces tailored planar defects to create a passband within the photonic 
stopband, establishing a design principle for spectral control in biocompatible 
photonic crystals (Paper IV [48]). 

3.2 Engineering optical defects in silk inverse opals 

To introduce controlled defects into silk inverse opals, this work programs the 
passband wavelength through the size of a colloidal defect layer embedded 
within the periodic template. The design starts from a target wavelength. The 
target reflectance peak 𝜆𝜆𝑐𝑐 =  800 𝑛𝑛𝑛𝑛 falls within the biological therapeutic 
window, targeting spectral control in a range relevant to biosensing and tissue-
integrated photonics. From the Bragg-Snell relation, a lattice constant 
𝐷𝐷 =  420 𝑛𝑛𝑛𝑛 was selected for the main opal structure. Monodisperse 
polystyrene beads of this diameter self-assemble into FCC monolayers at the 
water-air interface and are transferred onto a substrate by scooping, building 
the three-dimensional template layer by layer. To introduce the planar defect, 
this work inserts a single layer of smaller beads between N layers of 420 nm 
beads above and below. Aqueous silk fibroin solution (6-7 % w/w) infiltrates the 
assembled template; after drying, toluene dissolves the polystyrene, yielding a 
free-standing silk inverse opal with an embedded planar defect (Figure 3.1). 
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Figure 3.1. Fabrication of silk fibroin inverse opals with planar defects. (a) Colloidal monolayers of 
polystyrene beads are assembled at the water-air interface and transferred onto a substrate layer by 
layer. (b) FCC assembly of polystyrene beads with a single defect layer is infiltrated with silk fibroin. Upon 
template removal, a free-standing inverse opal with an embedded planar defect is formed. Adapted from 
Paper IV [48] with permission from the Royal Society of Chemistry. 

Two defect bead diameters were tested to evaluate tunability: 210 nm and 
300 nm. The 210 nm defect, whose diameter is exactly half the lattice constant, 
produces a passband notch centered within the stopband at approximately 
800 nm. The 300 nm defect shifts the notch to longer wavelengths relative to 
the 210 nm case, confirming that the defect resonance wavelength is set by the 
particle size selected during template assembly (Figure 3.2(c)). The number of 
lattice layers flanking the defect also influences the optical response: increasing 
N from 3 to 4 produces a higher reflectance peak and a sharper passband notch, 
consistent with stronger Bragg diffraction from additional periodic layers 
(Figure 3.2(b)) [89]. 
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Figure 3.2. Optical response of silk fibroin inverse opals with planar defects. (a) Experimental and 
FDTD-simulated reflectance spectra of the structure with 210 nm defect beads. (b) Reflectance spectra for 
N = 3 and N = 4 lattice layers flanking the defect. (c) Effect of defect bead size on passband position: 210 
nm and 300 nm beads produce distinct spectral positions, demonstrating that bead diameter programs 
the passband. Adapted from Paper IV [48] with permission from the Royal Society of Chemistry. 

Finite-difference time-domain (FDTD) simulations (Lumerical) of the structure 
with 210 nm defect beads validate the spectral position of the experimentally 
observed passband notch (Figure 3.2(a)). The simulated reflectivity amplitude 
differs from measurements; this discrepancy is attributed to the simplified 
model that omits contributions from the silk-air interface of the free-standing 
film. The agreement in defect-mode wavelength confirms that the passband 
originates from the intentionally introduced defect layer, validating the 
proposed design principle: the passband wavelength can be programmed by 
selecting the appropriate defect bead diameter. 

 

3.3 Summary, limitations, and outlook 

This chapter demonstrates that the use of a single design parameter, the defect 
bead diameter, provides deterministic spectral control in a biocompatible 
photonic crystal fabricated entirely by solution-processable colloidal assembly 
[48]. The author contributed to subsequent work by Wang et al. that extended 
the colloidal templating strategy to hierarchical structured opals, combining 
two-dimensional diffractive elements with three-dimensional photonic bandgap 
effects in the same silk fibroin matrix [94], confirming the generality of the 
design principle beyond the single-defect architecture demonstrated here. 

The demonstrated structure has a fixed spectral response. However, forming the 
inverse opal lattice with silk hydrogels that swell reversibly in response to pH 
and glucose concentration [95] would couple volumetric swelling to a shift in the 
resonance, providing a quantitative spectral signal. Chen et al. demonstrated 
glucose monitoring in tears using a hydrogel-based photonic crystal contact lens 
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[96]; a three-dimensional defect architecture could further sharpen the spectral 
response, improving sensitivity. 

More broadly, biopolymer photonics is converging toward stimuli-responsive, 
implantable optical interfaces [71], [97]. As silk-based optical devices move from 
laboratory demonstrations toward clinical applications, scalable routes to 
engineer precise spectral features within these materials will become 
increasingly important. 
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 Chapter 4 
Organic Electrochemical Transistor 
Fabrication by Laser Patterning 

Organic electrochemical transistors are promising 
biosensors, but micrometer-scale patterning of their 
conducting polymers typically requires complex 
cleanroom lithography, limiting rapid prototyping. 
This work develops a hybrid strategy combining 
microfabricated electrodes with direct laser 
patterning of the polymer outside the cleanroom, 
enabling precise OECT fabrication while removing the 
need for cleanroom polymer processing. 
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4.1 State of the art 

The previous chapter established a design principle for spectral control in 
biocompatible photonic crystals, with glucose monitoring identified as a 
promising future application. Another route to achieving such biosensing is 
through active devices that transduce analyte concentrations into electrical 
signals. Organic electrochemical transistors (OECTs) are well suited for this 
role: a voltage applied to the gate electrode drives ions from the electrolyte into 
a conducting polymer channel connecting the source and drain, reversibly 
modulating the polymer's doping state and thus its conductance at sub-volt 
operating potentials (Figure 4.1(a)) [98], [99]. 

 
Figure 4.1. Planar organic electrochemical transistor architecture. (a) Three-dimensional schematic. 
Importantly, L is the channel length and the distance between the drain and source electrodes. (b) Cross-
section showing source, drain electrodes, electrolyte (labelled SSE), and conducting polymer channel 
(PEDOT:PSS). Ions from the electrolyte penetrate the polymer bulk, modulating its conductance. Adapted 
from [100] under CC BY 4.0. 

In contrast to field-effect transistors, where gating modulates a narrow 
interfacial layer at the channel-electrolyte interface, ions in an OECT penetrate 
the entire volume of the conducting polymer film (Figure 4.1(b)) [100]. 
Because polymer chemical structure, thin film morphology, and channel 
dimensions all shape ionic and electronic transport within the film, device 
performance depends directly on the geometry and processing of the active layer 
[101]. The high transconductance characteristic of OECTs arises from the 
channel's large volumetric capacitance, which enables efficient voltage-to-
current transduction in contact with aqueous electrolytes [98]. 

As the field has moved toward dense arrays, flexible sensors, and integrated 
circuits, researchers have to balance two competing goals: the geometric 
precision needed for high-performance and reproducible transistors and the 
process simplicity needed for scalable, low-cost, and application-specific 
manufacturing [2], [98], [102]. 

Cleanroom photolithography sets the standard for micron-scale patterning, 
alignment, and dense integration, but it entails higher infrastructure costs, 
longer process chains, and tighter material compatibility constraints [2], [27], 
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[103]. In particular, conducting polymers are often incompatible with standard 
photoresist and solvent workflows, requiring either careful tuning of the 
chemical process or multi-step protocols with sacrificial layers to protect the 
active material during patterning [2], [103]. Benchtop alternatives, including 
inkjet printing [104], screen printing [105], [106], and 3D printing [107], [108], 
operate outside the cleanroom and enable rapid iteration on flexible substrates, 
but all are limited to resolutions of tens to hundreds of micrometers [2].  

Applications such as single-cell recording and miniaturized microfluidic 
integration require single-micrometer channel precision, placing them beyond 
the reach of printing methods but also beyond the practical flexibility of 
cleanroom photolithography. Shorter channels also produce higher drain 
currents and transconductance, making single-micrometer channel lengths a 
desirable performance target [19], [109]. Furthermore, when a conducting 
polymer film extends beyond the channel area, as is typical for spin-coated 
devices, the unconfined material introduces parasitic ionic and electronic 
pathways that vary between devices, degrading reproducibility in both steady-
state characteristics and switching dynamics [19], [110]. No existing method 
patterns the conducting polymer at single-micrometer resolution outside the 
cleanroom to confine the active channel volume defined by the electrode gap. 
This chapter presents a two-tier fabrication architecture that decouples 
electrode routing from channel patterning, providing a fabrication strategy for 
patterning the transistor channel with single-micrometer resolution outside the 
cleanroom (Paper V, [49]). 

4.2 Cleanroom-free polymer patterning 

The fabrication strategy separates OECT fabrication into two independent tiers: 
coarse electrode definition in the cleanroom and fine polymer patterning 
outside it. 

In the first tier, a Cr/Au stack (10/100 nm) is deposited on borosilicate glass by 
standard lift-off and evaporation, defining the source, drain, and gate electrode 
geometry, as well as the inverter layout (Figure 4.2(d,e)). The deposition of 
Parylene C (or polyimide) provides electrical passivation of the electrodes. This 
step uses the same cleanroom fabrication infrastructure and knowledge 
developed for nanopore chip fabrication in Chapter 2, and adapts them here for 
a different device architecture. In the second tier, performed entirely outside the 
cleanroom, direct laser ablation selectively removes the passivation layer to 
expose electrode contact areas, opening windows of 30 x 120 µm with resolution 
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down to 2 µm (600 pJ, 1 mm/s, 250 nm line distance) (Figure 4.2(f)). The 
mixed ionic-electronic conductor (OMIEC) polymer is then deposited by spin 
coating (Figure 4.2(g)), or by multi-step tape masking when complementary 
p-type and n-type materials are required on the same substrate. 

 
Figure 4.2. Two-tier OECT fabrication by femtosecond laser writing. (a) Schematic overview of the 
process. (b) Schematic overview and (c) representative measurements of realized OECTs, inverter 
circuits, and enzymatic biosensors. (d,e) First tier: fabrication of the gold electrode contacts and 
deposition of the insulating polymer layer. (f) Second tier: removal of the insulating polymer by 
femtosecond laser writing, exposing the gold electrode contacts. (g) Spin coating of the OMIEC. (h) Laser 
outlining of the active channel area (white dotted line), isolating it from the surrounding polymer film. 
Scale bar, 25 µm. Reproduced from Paper V [49] under CC BY 4.0. 

The patterning mechanism is nonlinear multiphoton absorption: operating 
below the passivation layer ablation threshold (75-300 pJ) removes the polymer 
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selectively while preserving the underlying layers (Figure 4.2(h)). A single 
laser line produces a functional OECT with a channel width of 1.7 ± 0.1 µm, 
without damaging the substrate or underlying layers. By decoupling the coarse 
metal routing from the fine polymer patterning, the fabrication method 
developed in this work allows testing of any polymer on the same electrode 
platform without re-entering the cleanroom for additional photolithography or 
lift-off steps, enabling rapid design iteration. 

Channel outlining confines the active polymer volume to the area directly above 
the electrode gap by tracing a 15 µm rectangle around the channel. For 
PEDOT:PSS OECTs, this improves switching speed by three orders of 
magnitude compared to devices with unpatterned polymer, with 𝜏𝜏𝑜𝑜𝑜𝑜 decreasing 
from 70 ms to 304 µs and 𝜏𝜏𝑜𝑜𝑜𝑜𝑜𝑜 from 88 ms to 289 µs (Figure 4.3(e, f, g)). Gate 
leakage is reduced by approximately two orders of magnitude, from 130 µA to 
approximately 1.6 µA. The reduction in gate leakage lowers the faradaic 
background during electrochemical sensing, decreases power consumption, and 
improves device-to-device reproducibility, all of which are important for 
integrated and portable sensor applications. Steady-state performance is 
preserved: the maximum drain current (IDS) and transconductance (gm) remain 
unchanged after outlining (Figure 4.3(c,d)). 

The improvement in switching speed originates from the volumetric change in 
the OMIEC: outlining electrically decouples the polymer film surrounding the 
channel, confining ion transport within it. Fewer ions need to equilibrate during 
each gating cycle, reducing the response time. This interpretation is consistent 
with the observation that steady-state characteristics are unaffected: the same 
number of ions ultimately modulate the channel, but the equilibration is faster 
because the affected volume is smaller [19], [110]. 

To confirm that the approach is not specific to PEDOT:PSS, two accumulation-
mode polymers were also patterned: p-type PIBET-AO and n-type p(N-T):PS10, 
a blend of the semiconducting polymer p(N-T) with 10 kDa polystyrene at a 1:6 
ratio [111]. Both show approximately one order of magnitude gate current 
reduction upon outlining (Figure 4.3 (j, k)), a smaller effect than observed for 
PEDOT:PSS. This difference is consistent with their distinct operating 
mechanisms: PEDOT:PSS operates in depletion mode, where ions de-dope an 
initially conducting channel, whereas PIBET-AO and p(N-T):PS10 operate in 
accumulation mode, where ions dope an initially non-conducting channel [19]. 
The larger parasitic volume in the unpatterned depletion-mode device carries a 
higher baseline ionic load, so confining it by outlining produces a proportionally 
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greater reduction in gate leakage and switching time. The strategy was validated 
across three polymers and two insulating materials (Parylene C and polyimide), 
confirming that the two-tier approach and channel outlining are material-
independent. 

 
Figure 4.3. OECT characteristics comparing outlined and non-outlined devices. (c,d) Transfer curves 
for (c) outlined and (d) non-outlined PEDOT:PSS OECTs with channel lengths of 10, 5, and 2.5 µm 
(average of five devices, VD = −0.6 V). (e,f) Representative switching behavior of an (e) outlined and (f) 
non-outlined PEDOT:PSS OECT. (g) Switching times of outlined and non-outlined PEDOT:PSS OECTs 
(channel length 10 µm). (h,i) Average transfer curves for outlined (solid) and non-outlined (dashed) (h) 
PIBET-AO (VD = −0.5 V) and (i) p(N-T):PS10 (VD = 0.5 V) OECTs. (j,k) Switching times of outlined and 
non-outlined (j) PIBET-AO and (k) p(N-T):PS10 OECTs. Reproduced from Paper V [49] under CC BY 4.0. 

Two proof-of-concept demonstrations validate the platform beyond individual 
transistor characterization. A complementary inverter, fabricated by depositing 
PIBET-AO (p-type) and p(N-T):PS10 (n-type) on a single substrate using the 
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tape-masking procedure, operates at supply voltages of 0.1-0.4 V and amplifies 
a 90 mV input signal to a 400 mV output (Figure 4.4).  

 
Figure 4.4. Complementary inverter based on a p-type PIBET-AO and an n-type p(N-T):PS10 OECT. 
(a) Schematic of the inverter circuit. (b) Cross-section schematic (top) and brightfield image (bottom) of 
the inverter. Scale bar, 100 µm. (c) Voltage transfer characteristics at different supply voltages VDD. (d) 
Input and output voltage demonstrating signal amplification at VDD = 0.4 V. Reproduced from Paper V 
[49] under CC BY 4.0. 

A glucose biosensor, realized by functionalizing the gate electrode with platinum 
nanoparticles (electrocatalyst for H2O2 reduction), glucose oxidase (enzyme 
converting glucose to H2O2), and glutaraldehyde-crosslinked bovine serum 
albumin (immobilization matrix), demonstrates a dynamic range of 100 µM to 
1 mM, relevant for measuring glucose in human sweat (Figure 4.5). Together, 
these demonstrations show that the two-tier fabrication method provides a 
versatile platform for rapid prototyping of OECT-based devices across different 
polymers, circuit architectures, and sensing applications. 
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Figure 4.5. OECT-based glucose biosensor. (a) Schematic of the enzymatic sensor with glucose oxidase-
functionalized in-plane gate. (b) Brightfield image of the device; outlined PEDOT:PSS gate area 
350 × 350 μm. Scale bar: 100 μm. (c) Amperometric response to glucose concentrations in 10 mM 
phosphate-buffered saline (VG = −0.6 V, VSD = −0.4 V; channel: 10 × 100 μm, gate: 80 × 80 μm). (d) 
Calibration curve with sigmoidal fit; error bars show standard error (n = 3). Reproduced from Paper V 
[49] under CC BY 4.0. 
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4.3 Summary, limitations, and outlook 

The two-tier fabrication architecture presented in this chapter fills the 
resolution gap between cleanroom photolithography and benchtop printing for 
organic electrochemical transistors, reorganizing the process flow around the 
distinct requirements of each layer rather than subjecting all materials to the 
same cleanroom environment [49]. Channel outlining further establishes a 
design rule linking patterning precision to device dynamics: the three-order-of-
magnitude improvement in switching speed, achieved without altering steady-
state characteristics, makes the connection between fabrication geometry and 
OECT performance unusually explicit for a field where the importance of 
channel volume and parasitic active regions is widely recognized but rarely 
isolated so directly [19], [103]. 

The current implementation retains two limitations. First, the electrode 
fabrication step still requires access to a cleanroom. Combining the two-tier 
concept with non-cleanroom metallization routes such as laser-induced 
graphene, stencil lithography, or printed electrodes would yield a fully benchtop 
fabrication pipeline; recent work that builds on this report demonstrates that 
such extensions are feasible [112]. Second, the Nanoscribe GT2 is a high-cost 
serial instrument, and throughput metrics were not reported in Paper V [49]. 
Quantifying yield and device-to-device variation at higher device counts will be 
necessary to assess the method's scalability. 

Looking further ahead, the two-tier concept points toward a modular OECT 
manufacturing framework in which high-resolution patterning is applied only 
where it materially improves device function. Pairing laser-defined channels 
with scalable electrode fabrication could support distributed prototyping of 
sensors and biointerfaces, with selective migration to higher-throughput 
manufacturing when needed [2], [103]. Such a framework would help bridge the 
persistent gap between high-performance cleanroom microfabrication and 
accessible but lower-resolution printed electronics [2], [98]. Eliminating 
polymer photolithography steps also removes associated solvent use and resist 
consumption, aligning with a broader shift toward sustainable microfabrication. 
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 Chapter 5 
Integrated Optical Sensing for 
Organs-on-Chips 

Organ-on-chip systems demand continuous control of 
cell culture conditions, yet most platforms still lack 
integrated sensors for pH and dissolved oxygen, 
despite their recognized advantages. This work 
integrates optical sensing into a laser-machined 
polymer module with commodity optoelectronics, 
enabling autonomous continuous monitoring 
validated from single-bioreactor cell culture to five-
day multi-organ drug testing. 
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5.1 State of the art 

The previous chapters developed fabrication strategies for individual sensing 
devices: nanopores for single-molecule detection, photonic crystals for spectral 
filtering, and organic electrochemical transistors for analyte quantification. This 
chapter addresses the fabrication challenge of integrating sensors into a 
microfluidic platform to continuously monitor the chemical environment of 
living cells. 

The development of a single drug typically exceeds one billion dollars in cost, 
with high clinical attrition, including expensive late-stage failures that trace back 
to inadequate preclinical models [28], [29], [113], [114]. Conventional in-vitro 
assays and animal studies provide limited predictive power for human 
responses [30], [31], [32], in part because they do not capture the dynamic, 
multi-organ physiology that shapes drug metabolism, efficacy, and toxicity in 
vivo [33], [34], [35]. Organ-on-chip platforms aim to address this gap by 
culturing human cells in miniaturized microfluidic environments that 
reproduce physiological flow, mechanical cues, and tissue architecture, while 
linked multi-organ systems enable cross-tissue interactions to be observed [115], 
[116], [117]. The regulatory landscape has shifted to match this ambition: the 
FDA Modernization Act 2.0 (2022) removed the requirement for animal testing 
as the default preclinical pathway, explicitly authorizing microphysiological 
systems as valid alternatives, and and the proposed FDA Modernization Act 3.0, 
passed by the Senate in late 2025, would compel the agency to update its 
regulations accordingly [118], [119], [120]. 

Among the parameters that characterize the culture environment, pH and 
dissolved oxygen are especially informative. Extracellular acidification and 
medium pH are widely used proxies for cellular metabolic activity [37], [121]. 
Dissolved oxygen reports cellular respiration and the formation of oxygen 
gradients that depend on tissue density, transport, and cell state [38], [39], 
[122]. Both quantities can change on minute-to-hour timescales, so intermittent 
endpoint measurements risk missing diagnostically useful trends [123]. 

Routine pH assessment in cell culture commonly exploits phenol red already 
present in many media, whose color and absorbance shift across the 
physiological range [124], [125]. In practice, visual inspection is mainly 
qualitative, while quantitative assessment requires calibrated optical readout or 
dedicated sensors [124], [126]. In microfluidic culture, manual sampling is 
particularly limiting because it removes a significant volume of sample, disrupts 
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perfusion, and introduces contamination risk [3], [40], [41]. Dissolved oxygen 
is likewise often measured with external electrochemical or optical 
instrumentation rather than embedded sensors, which is poorly suited to 
enclosed, low-volume organ-on-chip formats [38], [39], [127]. 

Two main strategies have emerged to reduce reliance on manual sampling. 
Optical optodes and sensor spots can provide continuous pH and dissolved 
oxygen readout from within the device, often using fluorescence or 
phosphorescence lifetime methods interrogated by an external reader or 
imaging system [128], [129], [130]. Electrochemical integration places 
miniaturized electrodes on-chip and enables local sensing, but long-term 
operation in biological media remains vulnerable to drift and electrode surface 
biofouling [131], [132], [133], [134]. Across these approaches, the central 
challenge remains the same: either the sensing architecture relies on hardware 
outside the microfluidic circuit, or maintaining signal stability over the multi-
day timescales relevant to organ-on-chip studies becomes problematic[3], [44], 
[123]. 

This chapter presents an integrated optical sensing platform built from laser-
machined polymer layers and commodity optoelectronics. The design follows 
directly from the sensing physics: leveraging phenol red absorption for pH 
readout, and phosphorescence quenching for dissolved oxygen readout. The 
proposed platform replaces benchtop instrumentation with compact inline 
detection, enabling continuous, autonomous monitoring within the microfluidic 
format, and is validated from individual cell culture in Paper VI [50] through 
five-day multi-organ drug testing in Paper VII [51]. 

5.2 Integrated microfluidic optical sensing 

To enable integration with any bioreactor without requiring modifications to its 
design, the sensing module was fabricated as a standalone cartridge with its own 
fluidic inlets and outlets, connecting via standard tubing (Paper VI [50]). The 
cartridge consists of laser-machined PMMA layers bonded with pressure-
sensitive adhesive tape, forming a 50 mm x 3 mm channel. Room-temperature 
adhesive bonding eliminates the need for thermal or plasma treatments, 
simplifying fabrication and preserving material compatibility. Optoelectronics 
for both pH and dissolved oxygen sensing are mounted above and below the 
channel, and black PMMA shielding suppresses ambient light interference 
(Figure 5.1).  
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Figure 5.1. Modular optical sensing platform. (a) Exploded view of the PMMA sensing module showing 
the detection channel, optoelectronic components, and black shielding layers. (b) Photograph of the 
assembled module. (c) Schematic and (d) photograph of the PDMS bioreactor. (e) System configuration: 
the sensing module connects inline between the medium reservoir and bioreactor via standard tubing, 
requiring no modifications to the bioreactor design. Reproduced from Paper VI [50] with the permission 
of AIP Publishing. 

Phenol red, present in standard culture medium at 15 mg/L, absorbs light with 
a peak at 560 nm that follows the Beer–Lambert law, increasing monotonically 
with pH across the range of 6.5 to 8. To quantify this absorption, a white LED is 
positioned above the channel, and a silicon photodiode is placed below a 515 nm 
long-pass filter beneath the channel (Figure 5.1(a)). A transimpedance 
amplifier converts the photocurrent to a voltage, with a low-pass cutoff 
frequency of approximately 0.34 Hz to suppress high-frequency noise. Within 
the physiological range, the output voltage varies linearly with pH (R2 = 0.987) 
(Figure 5.2(c)).  
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Figure 5.2. Characterisation of pH sensor. (a) Photodiode output voltage as a function of pH for channel 
heights of 0.5, 1.0, and 1.5 mm. (b) Dynamic response to stepwise pH changes at 0.5 mm channel height. 
(c) Calibration curve at 0.5 mm channel height, yielding a sensitivity of 160 mV/pH (R2 = 0.987). (d) 
Sensor response at varying flow rates (2–60 μL/min), confirming flow independence. Error bars in (c) 
and (d) are below 0.002 and not visible. Reproduced from Paper VI [50] with the permission of AIP 
Publishing. 

To minimize analyte volume while maintaining relevant pH sensitivity, channel 
heights of 0.5, 1.0, and 1.5 mm were compared (Figure 5.2(a)). A height of 
0.5 mm provided sufficient sensitivity, and the sensor response was 
independent of flow rate over 2–60 μL/min (Figure 5.2(d)), ensuring 
compatibility with the range of perfusion rates used in organ-on-chip systems. 
At this channel height, the sensor achieved a sensitivity of 160 ± 3 mV/pH and 
a resolution of 0.03 pH units, the latter set by the 5 mV step of the Arduino ADC 
(Figure 5.2(b,c)). This sensitivity is approximately 2.7 times higher than the 
59–77 mV/pH range reported for electrochemical IrOx pH sensors [135], [136], 
a gain enabled by the shift from potentiometric to optical transduction, which is 
not bound by the Nernstian limit of 59.16 mV/pH. The resulting resolution is 
sufficient to track biologically relevant pH changes in cell culture, and the optical 
readout avoids the biofouling and reference electrode drift that limit electrode-
based approaches in culture medium. 

To monitor dissolved oxygen, the dye [Ru(dpp)3]2+ is immobilized on the 
channel floor and sealed under a PDMS membrane that prevents direct medium 
contact while permitting oxygen diffusion. A blue LED at 470 nm excites the 
dye; molecular oxygen quenches the excited-state phosphorescence, reducing 
emission intensity according to the Stern–Volmer relationship.  
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Figure 5.3. Dissolved oxygen sensor characterization. (a) Dynamic response to gaseous oxygen at 0%, 
12%, and 21% concentrations. (b) Calibration curve for gaseous oxygen (sensitivity: 15 mV/[%O2], 
R2 = 0.992). (c) Dynamic response to dissolved oxygen in aerated (21% O2) and nitrogenated (0% O2) 
solutions. (d) Calibration curve for dissolved oxygen (sensitivity: 6 mV/[%O₂]). Reproduced from Paper 
VI [50] with the permission of AIP Publishing. 

However, the excitation light is orders of magnitude stronger than the 
phosphorescence signal, and any fluctuation in LED intensity risks exceeding 
the oxygen-dependent signal variation. To extract the phosphorescence from 
this background, two silicon photodiodes are placed below a 610 nm long-pass 
filter connected in antiparallel configuration: one detects both the dye emission 
and the excitation background, while the other detects only the background. The 
antiparallel connection subtracts the two photocurrents in the analog domain, 
canceling both the static excitation background and its temporal fluctuations, so 
that only the oxygen-dependent component reaches the readout circuit (Figure 
5.4).  

 
Figure 5.4. Readout circuit for the ratiometric dissolved oxygen sensor. The antiparallel photodiode 
configuration produces a differential photocurrent that cancels the excitation background, isolating the 
oxygen-dependent phosphorescence signal. Adapted from Paper VI [50] with the permission of AIP 
Publishing. 
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The sensor achieves a sensitivity of 6 mV/[%O2] for dissolved oxygen and 
15 mV/[%O2] for gaseous oxygen, with a resolution of 0.8 [%O2] and confirmed 
linear response (R2 = 0.992) (Figure 5.3(b,d)). 

An Arduino Mega 2560 provides standalone data acquisition, LED control, real-
time display on a touch-screen LCD, and SD card logging, requiring no 
computer during experiments. The complete readout system eliminates the 
need for a UV-Vis spectrometer and a benchtop phosphorescence lifetime 
instrument, achieving the sensitivity and resolution required for continuous cell 
culture monitoring at a cost of approximately 50€.  

Human dermal fibroblasts (HDFs, 4 x 105 cells/cm2) were cultured in a PDMS 
bioreactor (53 mm2, 106 µL) perfused at 200 µL/h for 3 days, with pH and 
dissolved oxygen monitored continuously. The pH decreased from 
approximately 7.4 to 6.9 over the 3 days (Figure 5.5(c)); continuous 
monitoring captured the full acidification trajectory attributable to metabolic 
lactate and CO2 accumulation, information that endpoint sampling would 
reduce to two disconnected values. Dissolved oxygen remained approximately 
constant at ambient levels (~20%) throughout the culture period, despite 
confirmed cell viability and proliferation (Figure 5.5(d)). This result is 
consistent with the high oxygen permeability of PDMS, which continuously 
replenishes dissolved oxygen faster than the cells consume it. To verify sensor 
function independently of cell activity, nitrogenated solution (0% O2) was 
perfused through the module, producing a decrease from ambient to zero; upon 
interruption, a gradual increase confirmed oxygen diffusion from ambient air 
into the chamber (Figure 5.5(a)). A live–dead assay at days 1 and 3 confirmed 
cell viability, demonstrating that the sensor module did not perturb the culture 
environment (Figure 5.5(e)).  
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Figure 5.5. Sensor validation in a microfluidic bioreactor. (a) Dissolved oxygen response under stop-
flow and continuous-flow protocols, confirming oxygen permeation through PDMS. (b) pH of cell-free 
culture medium perfused with and without CO2 supply. (c) Continuous pH monitoring during three-day 
HDF culture, showing acidification from ~7.4 to ~6.9. (d) Continuous dissolved oxygen monitoring during 
three-day HDF culture, showing stable ambient levels (~20%). (e) Live–dead assay of HDFs at day 1 (e-
1) and day 3 (e-2), confirming cell viability and proliferation. Reproduced from Paper VI [50] with the 
permission of AIP Publishing. 
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5.3 Sensor deployment in a multi-organ-on-chip platform 

To validate the sensing module at system scale, it was integrated into a fully 
automated dual-organ platform designed for multi-day drug screening on liver 
and cardiac organoids (Paper VII [51]). The platform combined a microfluidic 
breadboard with pneumatic valves, electrochemical immunobiosensors for 
albumin, GST-alpha, and CK-MB, and integrated minimicroscopes for 
morphology observation. 

The pH, dissolved oxygen, and temperature sensors operated continuously for 5 
days, returning stable values throughout and establishing that any biological 
signals detected by the immunobiosensors were drug-induced rather than 
environmental artifacts. 

Three drug tests validated the platform. In the acetaminophen (APAP) 
hepatotoxicity test (0, 5, and 10 mM doses introduced at 72 h), dose-dependent 
decrease in albumin secretion and increase in glutathione S-transferase alpha 
(GST-alpha) confirmed hepatotoxicity, while creatine kinase MB (CK-MB) 
showed only minor elevation consistent with limited cardiac exposure at these 
doses (Figure 5.4). In the capecitabine prodrug test, cardiotoxicity was 
observed only when the liver organoid was present to convert capecitabine to 5-
fluorouracil (5-FU), a multi-organ interaction undetectable in single-organ 
systems. In the doxorubicin (DOX) acute toxicity test (liver cancer and cardiac 
organoids, 24 h), pronounced cardiotoxicity was confirmed by a CK-MB surge 
and arrhythmic beating, alongside hepatocellular death. 

To confirm that the sensors resolve biology-driven environmental changes when 
PDMS gas exchange is eliminated, hyperthermia treatments at 41, 43, and 45 °C 
were applied to liver cancer organoids in sealed bioreactors. The physical 
sensors detected a reduction in metabolic rate at 45 °C, as evidenced by a change 
in the pH trajectory, while temperatures up to 43 °C produced no significant 
metabolic effect.  

Collectively, the sensing module operated continuously across all experimental 
conditions without recalibration or manual intervention. The successful 
integration into a multi-organ platform comprising independently developed 
subsystems validates the modular, platform-agnostic architecture: the same 
sensing cartridge designed for a single bioreactor in Paper VI [50] functioned 
without modification in the substantially more complex system of Paper VII 
[51].  
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Figure 5.6. Multi-organ platform validation with APAP-induced toxicity. (A) Schematic of the dual-
organ heart-liver-on-chips configuration. (B–D) Continuous pH, dissolved oxygen, and temperature 
measurements over five days, confirming stable environmental conditions throughout the experiment. 
(E) Live–dead staining of hepatic organoids after treatment with 0, 5, and 10 mM APAP. (F) Normalized 
hepatocyte viability from day 1 to day 5. (G–I) Automated electrochemical measurements of albumin, 
GST-α, and CK-MB, showing dose-dependent hepatotoxicity. (J) Cardiac organoid beating analysis. 
Drugs were introduced at 72 h (red arrows). Reproduced from Paper VII [51] with the permission of the 
National Academy of Sciences. 

5.4 Summary, limitations, and outlook 

The modular sensing architecture presented in this chapter decouples pH and 
oxygen measurements from the bioreactor design, enabling the same platform 
to operate across different cell culture systems without modification, as 
demonstrated by the transition from the single-bioreactor format of Paper VI 
[50] to the multi-organ platform of Paper VII [51]. A recent review by Ferreira 
et al. [137] positions this work as a representative early implementation of dual 
optical pH and dissolved oxygen monitoring using commodity optoelectronics, 
and highlights the multi-organ integration of Paper VII [51] as an example of 
modular system architecture for real-time monitoring. Research focus has since 
advanced toward CMOS-compatible optical readout [138], luminescence 
lifetime-based oxygen sensing [128], [139], and hybrid optical–electrochemical 
strategies [133], [134]; the design principle of integrating modular sensing 
within the microfluidic workflow, rather than onto the bioreactor itself, persists 
across these newer approaches [3], [140]. 
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The limitations of the reported implementation are system-level rather than 
purely sensor-level constraints. The dissolved oxygen sensor could not resolve 
cell-driven oxygen consumption in PDMS bioreactors because the high gas 
permeability of PDMS continually re-equilibrated the medium with the ambient 
environment. The same material also absorbs hydrophobic drug molecules, 
reducing pharmacological fidelity during compound testing [51]. Replacing 
PDMS with gas-impermeable thermoplastics would therefore improve both 
oxygen quantification and drug exposure control [43], [121]. In electrochemical 
pH sensors, resolution is fundamentally limited by the Nernstian ceiling of the 
ion-exchange process. In the proposed optical approach, the resolution of 
0.03 pH units is set by the Arduino ADC rather than by the transduction 
chemistry. It therefore scales directly with ADC bit depth without requiring 
changes to the sensing module. Even so, 0.03 pH units already exceeds the 
resolution needed to track the 0.1–0.5 pH shifts that characterize biologically 
relevant metabolic changes in cell culture. For longer-term operation, the more 
consequential engineering challenges are calibration stability, optical drift, and 
device-to-device reproducibility rather than nominal resolution [3], [37]. 

The outlook for integrated sensing in organ-on-chip systems has shifted from 
monitoring toward regulation. Long-duration sensorised culture has advanced 
from the multi-day demonstrations of Papers VI [50] and VII [51] to 
experiments lasting several weeks with continuous multi-parameter monitoring 
[43], [141]. Closed-loop oxygen regulation has recently been demonstrated in a 
modular multi-organ platform, where real-time sensing drives automated 
actuation to maintain organ-specific oxygenation [142]. A broadly autonomous 
organ-on-chip platform, however, remains an open engineering problem: 
sensor drift, calibration robustness, packaging reliability, and the lack of 
standardized interfaces between sensing, fluid handling, and chip modules 
continue to limit routine adoption [4], [44], [137]. The path forward requires 
assembling sensing, actuation, and control into modular platforms that 
maintain physiological conditions with minimal user intervention and that can 
be manufactured reproducibly outside specialist microfabrication settings. As 
organ-on-chip platforms mature toward tissue models that more closely predict 
human drug responses, continuous integrated sensing becomes essential to 
capture physiological dynamics and enable prolonged autonomous culture. 
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6.1 Summary 

This thesis demonstrates two complementary strategies to overcome barriers in 
biosensor fabrication. The first, decoupling, separates critical feature 
dimensions from the resolution of the patterning tool: pore size from catalyst 
diameter (Papers I, II [45], [46]), pore size from ripping beam dimensions 
(Paper III [47]), and polymer channel resolution from electrode geometry 
(Paper V [49]). In each case, decoupling enables scalable fabrication at a 
precision previously unattainable. The second, integration, embeds optical 
sensors, electrical readout, and a controller unit directly within the microfluidic 
system, replacing endpoint sampling with continuous autonomous monitoring 
(Papers VI, VII [50], [51]) and providing the foundation for automated control 
of cell cultures. Collectively, these strategies contribute to the UN Sustainable 
Development Goals for Good Health and Well-being (SDG 3) by advancing 
diagnostic and biosensing tools and reducing reliance on animal models, and to 
Industry, Innovation and Infrastructure (SDG 9) by lowering the cost and 
infrastructure requirements for sensor fabrication. 

 

In relation to the objectives presented in Chapter 1, this work achieved the 
following. 

 

Developed two scalable methods for fabricating sub-10 nm nanopores and 
validated both for single-molecule DNA sensing. Self-limiting metal-assisted 
chemical etching produces approximately 4 nm pores with 1 nm variability 
(Paper I [45]) and resolves DNA conformations electrically (Paper II [46]). 
Stress-induced mechanical ripping yields sub-10 nm pores at the wafer scale and 
detects 30-nucleotide DNA fragments via optical readout (Paper III [47]). This 
achieves Objective 1. 

 

Programmed the passband wavelength of a biocompatible silk fibroin photonic 
crystal by selecting the defect-layer particle diameter during colloidal template 
assembly, establishing spectral control within a solution-processable fabrication 
framework (Paper IV [48]). This achieves Objective 2. 

 

Developed a two-tier fabrication architecture that decouples electrode 
patterning from polymer channel definition through femtosecond laser writing, 
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achieving single-micrometer resolution. Channel outlining confines the ion 
transport volume, improving switching speed by three orders of magnitude 
compared to non-outlined devices (Paper V [49]). This achieves Objective 3. 

 

Developed a microfluidic platform for real-time monitoring of pH and dissolved 
oxygen in cell culture media. Integrated optical sensors into a laser-machined 
PMMA microfluidic channel with commodity optoelectronics, enabling 
autonomous monitoring within organs-on-chip platforms. Demonstrated 
continuous operation from single-bioreactor cell culture monitoring to five-day 
multi-organ drug testing, including the detection of liver-mediated drug 
conversion, unobservable in single-organ systems (Papers VI, VII [50], [51]). 
This achieves Objective 4. 

 

The modular sensing architecture introduced in Papers VI and VII has since 
become a reference point for integrated sensing in organ-on-chip platforms. A 
recent review from Ferreira et al. [143] positions this work as a representative 
implementation of dual optical pH and dissolved oxygen monitoring using 
commodity optoelectronics and highlights the integration with the multi-organ 
platform of Paper VII as a flagship example of modular system architecture for 
real-time monitoring. Current state-of-the-art systems have advanced toward 
CMOS photodiode arrays, luminescence lifetime readout, and fully embedded 
electrochemical platforms. Nevertheless, the proposed design principle of 
integrating modular sensing within the microfluidic workflow persists across 
these newer approaches. Open directions, including closed-loop feedback 
control of culture conditions and integration of additional analytes, build on this 
foundation and are discussed in Chapter 5. The limitations and future directions 
specific to photonic crystal defect engineering and laser-patterned OECTs are 
addressed in Chapters 3 and 4, respectively. The outlook that follows focuses on 
solid-state nanopores, where this thesis's primary research contributions 
provide the perspective from which the most compelling open challenges come 
into view. 

  



50 

6.2 Outlook 

Solid-state nanopores offer tunable geometry, chemical and mechanical 
robustness, and compatibility with semiconductor manufacturing. These 
advantages position them as a promising alternative to biological nanopore 
platforms for single-molecule analysis. Realizing this potential for DNA 
sequencing requires progress on three fronts: fabrication scalability, integrated 
electronic readout, and single-base resolution. 

Oxford Nanopore Technologies has established the commercial benchmark for 
nanopore sequencing using protein pores with integrated per-pore electronic 
readout. However, the lipid bilayer support limits the applied voltage, operating 
temperature, and chemical environment, constraining the conditions under 
which sequencing can be performed [144]. Solid-state nanopores can overcome 
these constraints, provided three gaps are closed. 

The first is fabrication scalability. The self-limiting MACE process (Papers I, II 
[45], [46]) and stress-induced ripping (Paper III [47]) produce pores 
approaching the geometry required for discrimination of double-stranded DNA 
conformations, but neither method has been characterized at the wafer scale for 
yield and dimensional uniformity. The d/t phase diagram (Paper I [45]) 
provides a quantitative starting point: systematic wafer-level mapping across 
the self-limiting regime would define the process window for industrial 
adoption. 

The second is integrated readout. The nanopore measurements reported in this 
thesis rely on external amplifiers and benchtop data acquisition. The low-
capacitance SOI architecture used in Papers I and II [45], [46] is inherently 
compatible with CMOS processing, providing a realistic path toward monolithic 
integration of the nanopore membrane with on-chip electronics that could 
improve noise performance and bandwidth beyond what is achievable with 
protein pores in lipid bilayers. 

The third is single-base resolution. Even with scalable pores and integrated 
readout, ssDNA sequencing demands sub-2 nm constrictions and controlled 
translocation of individual nucleotides through the sensing volume. Protein 
pores solve this through enzymatic ratcheting; solid-state pores lack an 
equivalent mechanism, producing signals too fast and too variable for current 
electronics to resolve individual bases. 

The SERS results from Paper III [47] suggest an alternative path. Rather than 
slowing translocation to match electronic bandwidth, optical readout through 
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surface-enhanced Raman spectroscopy provides spectroscopic fingerprints of 
individual nucleobases with discrimination power that ionic current 
measurements cannot match. Paper III [47] already detects 30-nucleotide 
strands with approximately 4 photons per nucleotide through silver-coated 
ripped pores. Recent work from the same collaboration has since demonstrated 
identification of individual DNA bases flowing through permeable plasmonic 
films with a time resolution compatible with solid-state nanopore 
translocation [145], confirming that SERS-based readout is approaching the 
speed and sensitivity required for sequencing. Bridging the remaining gap will 
require engineering the pore geometry and metallic coating to maximize 
plasmonic enhancement at the sensing volume. 

These directions converge toward a single goal: achieving single-base resolution 
in a solid-state platform that operates under conditions inaccessible to biological 
nanopores, positioning semiconductor-based nanopore sequencing as a viable 
alternative to protein pore platforms. 
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