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Abstract 
Transient electronics enabling devices to safely disappear in the environment can be applied 

not only in green electronics, but also in bioelectronic medicine. Neural implants able to degrade 
harmlessly inside the body eliminate the need for removal surgery and potentially reduce inflamma-
tion responses and the chronic adverse reactions hindering device functionality and putting patients’ 
health at risk. On the contrary, the degradation of the device allows for safe tissue remodelling around 
the implant over time and even migration of cells inside the device, as in the case of scaffolds applied 
in tissue engineering. Non-degradable implants instead cannot offer such opportunity and most often 
induce the creation of an unwanted glial scar, insulating the device, distancing it from the source of 
information (i.e., neurons) until they become useless. Removal of such devices could be complicated 
and represent an additional risk for the patient, if not also a good reason to oppose the therapy in the 
first place. The latest effort in limiting these unwanted effects is to minimize the invasiveness of the 
implant by reducing its size and promising results of this strategy have been obtained. However, if 
hardware failures, loss of therapy efficacy or infection development were to occur, retrieval of the im-
plant might be necessary. Transient interfaces enter this scene of minimally invasive devices by ad-
dressing the chronic complications with degradable materials. Unfortunately, at the moment transient 
neurotechnology can be used only for very short-term applications, such as monitoring of intracranial 
pressure, temperature, or neural activity around cerebral interventions. If applied to the peripheral 
nervous systems, they could also take part in the enhancement of motor recovery after injury or 
stroke. The main reason why only this type of applications is possible for now is the short lifetime of 
the materials used to build these interfaces: fast degrading metals allow for operations rarely longer 
than a few days, strongly limiting the available time window for collecting information or for a therapy 
to be finished.  

To solve this problem, we propose a transient, all-polymeric neural interface able to work for longer 
time scales. In this way, longer operational time could be allowed while also maintaining the transien-
cy of the device and of the therapy. This would enable new applications of transient neurotechnology, 
such as recording of brain activity for a prolonged and more useful period of time before resection of 
epilepsy foci or tumours. The device consists of a polycaprolactone (PCL) scaffold with patterned poly 
3,4-ethylene dioxythiophene : polystyrene sulfonate (PEDOT:PSS) traces and electrodes. PCL offers 
one of the slowest degradation rates among biodegradable polyesters, and the biocompatible PE-
DOT:PSS, mixed with ethylene glycol (EG), grants high electrochemical properties. In vivo testing of 
the platform was performed by inserting it inside the visual cortex of mice and recording epileptic 
seizures, local field potentials and visually evoked responses up to twelve weeks. Results showed low 
noise levels for the entire test duration and histological analysis highlighted the cellular infiltration 
inside the penetrating PCL scaffold over time, hinting to potential tissue remodelling processes, which 
would not occur with a non-degradable device.  

To increase the device potential for a clinical translation and further reduce inflammatory responses 
caused by penetrating interfaces, a minimally invasive procedure for its implantation has been pro-
posed. The blood vasculature supplying the brain and nerves can be used as an access route to the 
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neural tissue, offering a close enough location without direct damage to the tissue. This strategy has 
already been successfully employed by the company Synchron and their StentrodeTM device. By re-
shaping the all-polymeric transient neural probe using a stent-inspired design, the new interface can 
be navigated through a 5Fr (approximately 1.67 mm) catheter and deployed inside 2 mm-diameter 
channels. Characterization specific to the new working environment showed promising electrodes 
endurance to pulsatile flow and prolonged stimulation, together with a good safety profile. This device 
could be used for neural recording or stimulation from within a blood vessel, for either central or pe-
ripheral nervous system thanks to the extension of the vasculature network. By simplifying the im-
plantation procedure of the neural interface and maintaining transiency, physicians and patients could 
feel more confident in applying innovative neurotechnology-based treatments, widening for example 
the access to deep brain stimulation therapy.  

In an attempt to reach even sub-millimetre sized vessels and enable crossing of complex vasculature, a 
new navigation paradigm combined with micro-engineered probes has been designed. A thin, ultra-
flexible polyimide strip can move without manual push, propelled by only the hydrodynamic dragging 
forces of a pulsatile flow at physiologically relevant velocity. The device is able to cross even 3D knot-
like structures with curvatures as high as 0.25 mm-1. By attaching a small cylindrical magnetic head at 
its extremity, it is possible to control the direction of the probe in front of bifurcations using low mag-
nitude magnetic fields, without manual push-based strategies of current guidewires, and thus reducing 
the risk of vessel walls perforation. By exploiting standard microfabrication procedures, electrodes 
and sensors for temperature and flow can be embedded onto these micro-probes, for unprecedented 
local interrogation of deep vasculature regions. The magnetic fields of this system can also induce 
bending and thrusts of the magnetic head to start a crawling-like forward pace of the probe in absence 
of blood flow. This allows for investigation of areas where flow is impaired, such as in obstructed ar-
teries due to embolism, thrombosis, or traumatic injury. 

In conclusion, this thesis introduces new neural interfaces in the field of minimally invasive neuro-
technology, with the goal of reducing adverse effects and complications related to non-degradable 
implants and open surgery. These devices and the ideas behind them have the potential one day to be 
new tools of the bioelectronic medicine toolbox, contributing to the advancement of innovative treat-
ments for neurodegenerative disorders.  
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Sommario 
L'elettronica «transiente» che consente ai dispositivi di scomparire in sicurezza nell'ambiente 

può essere applicata non solo nell'elettronica sostenibile, ma anche nella medicina bioelettronica. Gli 
impianti neurali in grado di degradarsi in modo innocuo all'interno del corpo eliminano la necessità di 
un intervento chirurgico di rimozione e potenzialmente riducono le risposte infiammatorie e le rea-
zioni avverse croniche che ostacolano la funzionalità del dispositivo e mettono a rischio la salute dei 
pazienti. Al contrario, la lenta degradazione del dispositivo consente un rimodellamento sicuro dei 
tessuti attorno all'impianto e persino la migrazione delle cellule all'interno del dispositivo, come nel 
caso degli «scaffold» applicati nell'ingegneria dei tessuti. Gli impianti non degradabili invece non pos-
sono offrire tale opportunità e il più delle volte inducono lo sviluppo di un'importante capsula fibroti-
ca, isolando elettricamente il dispositivo, allontanandolo dalla fonte di informazione (cioè i neuroni) 
fino a renderli inutilizzabili. La rimozione di tali dispositivi potrebbe essere complicata e rappresenta-
re un rischio aggiuntivo per il paziente, se non anche un buon motivo per opporsi in primo luogo alla 
terapia. La strategia più recentemente impiegata per limitare questi effetti indesiderati è quella di ri-
durre al minimo l'invasività dell'impianto riducendone le dimensioni e in questo modo sono stati otte-
nuti risultati promettenti. Tuttavia, se dovessero verificarsi guasti hardware, perdita di efficacia della 
terapia o sviluppo di infezioni, potrebbe essere necessaria ancora la rimozione dell'impianto. Le inter-
facce «transienti» entrano quindi in questa scena di dispositivi minimamente invasivi affrontando le 
complicazioni croniche con materiali degradabili. Sfortunatamente, al momento la neurotecnologia 
«transiente» può essere utilizzata solo per applicazioni a brevissimo termine, come il monitoraggio 
della pressione o temperatura intracranica, o dell'attività neurale intorno agli interventi cerebrali. Se 
applicati al sistema nervoso periferico, potrebbero anche partecipare al miglioramento del recupero 
motorio dopo un infortunio o un ictus. Il motivo principale per cui per ora solo questo tipo di applica-
zioni è possibile è la breve durata dei materiali utilizzati per costruire queste interfacce: i metalli a 
rapido degrado consentono operatività raramente più lunghe di pochi giorni. Ciò limita fortemente la 
finestra di tempo disponibile per la raccolta di informazioni utili o per una terapia di essere portata a 
termine. 

Per risolvere questo problema, proponiamo un'interfaccia neurale «transiente» interamente polimeri-
ca in grado di funzionare su scale temporali più lunghe. In questo modo si potrebbero consentire tem-
pi operativi più lunghi mantenendo allo stesso tempo la temporaneità del dispositivo e della terapia. 
Ciò consentirebbe anche nuove applicazioni della neurotecnologia «transiente», come la registrazione 
dell'attività cerebrale per un periodo di tempo prolungato e maggiormente utile prima della resezione 
di focolai epilettici o di tumori. Il dispositivo è costituito da un substrato e chiusura in policaprolattone 
(PCL) con tracce ed elettrodi di poli 3,4-etilene diossitiofene: polistirene sulfonato (PEDOT:PSS). Il PCL 
offre una delle velocità di degradazione più lente tra i poliesteri biodegradabili e il PEDOT:PSS, bio-
compatibile, miscelato con glicole etilenico (EG), garantisce elevate proprietà elettrochimiche. I test in 
vivo dell’interfaccia sono stati eseguiti inserendola all'interno della corteccia visiva di topi e registran-
do crisi epilettiche, potenziali di campo locale e risposte visivamente evocate fino a dodici settimane. I 
risultati hanno mostrato bassi livelli di rumore per l'intera durata del test e l'analisi istologica ha evi-
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denziato l'infiltrazione cellulare all'interno dello scaffold in PCL, suggerendo potenziali processi di 
rimodellamento dei tessuti, che non si verificherebbero con un dispositivo non degradabile. 

Per aumentare il potenziale del dispositivo per una traslazione clinica e ridurre ulteriormente le rispo-
ste infiammatorie causate dalle interfacce penetranti, è stata proposta una procedura minimamente 
invasiva per il suo impianto. La vascolatura che irrora il cervello e i nervi può essere utilizzata come 
via alternativa per l’accesso al tessuto neurale, offrendo una posizione sufficientemente vicina ma sen-
za causare danni diretti al tessuto. Questa strategia è già stata adottata con successo dall'azienda 
Synchron e dal suo dispositivo StentrodeTM. Rimodellando il dispositivo «transiente» interamente po-
limerico basandosi su un design ispirato a quello di uno stent, la nuova interfaccia può essere navigata 
attraverso un catetere da 5Fr (circa 1.67 mm) e distribuita all'interno di canali di 2 mm di diametro. La 
caratterizzazione, specifica per il nuovo ambiente di lavoro, ha mostrato una promettente resistenza 
delle proprietà degli elettrodi ad un flusso pulsatile e ad una stimolazione prolungata, insieme a un 
buon profilo di sicurezza. Questo dispositivo potrebbe essere utilizzato per la registrazione di segnali 
nervosi o per la stimolazione neurale effettuata dall'interno di un vaso sanguigno, sia in riferimento al 
sistema nervoso centrale sia a quello periferico, grazie all'estensione della rete vascolare. Semplifican-
do la procedura di impianto dell'interfaccia neurale e mantenendo la sua transitorietà, medici e pa-
zienti potrebbero sentirsi più sicuri nell'applicare trattamenti innovativi basati sulla neurotecnologia, 
ampliando ad esempio l'accesso alla terapia di stimolazione cerebrale profonda. 

Nel tentativo di raggiungere anche vasi di dimensioni sub-millimetriche e consentire l'attraversamen-
to di tortuosità vascolari, è stato progettato un nuovo paradigma di navigazione combinato con inter-
facce micro-ingegnerizzate. Una sottile striscia di poliammide ultraflessibile può muoversi senza spin-
ta manuale, ma spinta soltanto dalle forze di trascinamento idrodinamico di un flusso pulsatile a velo-
cità fisiologicamente rilevanti. Il dispositivo è in grado di attraversare anche strutture 3D simili a nodi 
con curvature fino a 0.25 mm-1. Attaccando una piccola testa magnetica di forma cilindrica alla sua 
estremità, è possibile controllare la direzione della sonda davanti a biforcazioni utilizzando campi ma-
gnetici di bassa intensità, senza strategie basate sulla spinta manuale di fili guida, riducendo così il 
rischio di perforazione delle pareti dei vasi. Sfruttando le procedure di micro-fabbricazione standard, 
elettrodi e sensori per la temperatura e il flusso possono essere incorporati in queste micro-sonde, per 
interrogazioni locali senza precedenti di regioni vascolari profonde. I campi magnetici di questo siste-
ma possono anche indurre delle flessioni ripetute e le spinte conseguentemente generate della testa 
magnetica per avviare un'andatura strisciante in avanti della sonda in assenza di flusso sanguigno. Ciò 
consente di indagare le aree in cui il flusso è compromesso, come le arterie ostruite a causa di embolia, 
trombosi o lesioni traumatiche. 

In conclusione, questa tesi introduce nuove interfacce neurali nel campo della neurotecnologia minin-
vasiva, con l'obiettivo di ridurre gli effetti avversi e le complicanze legate agli impianti non degradabili 
e alla chirurgia a cielo aperto. Questi dispositivi e le idee che stanno loro dietro hanno il potenziale per 
essere un giorno nuovi strumenti della cassetta degli attrezzi della medicina bioelettronica, contri-
buendo al progresso di trattamenti innovativi per i disturbi neurodegenerativi. 
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In this introductory chapter, pertinent concepts in the fields of biomaterials, neurotechnology 
and implantable devices will be presented. These are key elements to understand all facets of the pro-
posed thesis. Starting from the concept of transient and biodegradable electronics, the focus will then 
be on devices at the interface with the neural tissue. Once the main limitations of current devices both 
in the academic and commercial worlds are defined, the strategies to overcome them and the conse-
quent goal of the thesis will be described. 

1.1 Transient electronics 
The field of transient electronics include all electrically active devices that are able to fully or partially 
degrade in a harmless way in aqueous environments1. The most straightforward application of such 
devices is green electronics: reducing electronic waste (e-waste) by using degradable materials for its 
components could strongly compensate for the 50 million tons of electronic and electrical hardware 
produced in the world every year2,3. Another interesting application of transient electronics is the cre-
ation of sophisticated protection systems for sensitive data storage. These devices would for example 
need a trigger-induced degradation, to dissolve when needed4.  

Most relevant to this thesis is the application of transient electronics to the biomedical field. Degrada-
ble bioelectronics could open the doors to new implantable devices for therapeutics and diagnostics 
that, after completing their task, could safely be resorbed or eliminated by the body, without the need 
of a specific surgery for device removal. Moreover, given the degradation of the device within the 
body, this mechanism would allow the tissue around the implant to grow back with time and poten-
tially reduce chronic inflammations that commonly occur with permanent implants. By triggering a 
strong inflammatory reaction, non-degradable devices could be more prone to operational failures 
than transient electronic devices. When a permanent implant ceases to work or becomes therapeuti-
cally ineffective, it could be difficult to retrieve it and dangerous to the patient. For this, degradable 
active implants could represent a more acceptable alternative, with potentially lower risks for the re-
cipient.  

Staying within the healthcare context, it would be possible to fabricate single-use medical devices that 
could replace current technologies with more eco-friendly counter parts. On the same line, degradable 
e-skins and wearable devices, used for the detection of biomarkers (i.e., pH, temperature) and motion 
would help reduce environmental pollution5.  

Before 2012 the degradability concept was mainly applied to polymers for passive biomedical im-
plants, such as scaffold for tissue engineering. However, when the team led by John Rogers at Universi-
ty of Illinois reported in 2012 the first degradable form of silicon (Figure 1.1A), the possibility to 
make degradable active implants with embedded sophisticated electronic circuitry could be finally 
envisioned6. This technological advancement enabled the rise of transient electronics, that is in fact a 
materials-driven field of research.  
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Figure 1.1 Transient electronics. A) First device prototype introduced by Hwang et al. in 2012 (left) and its degradation in water after 10 
minutes (right). Adapted from Hwang et al.6 B) Schematic representation of a degradable neural interface implanted in a brain, with insets 
showing: 1) possibility for neuromodulation or neural recording, 2) biodegradation mechanisms and 3) tissue remodelling through the 
degrading device by cells penetration.  

 

1.1.1 Materials 

Researchers can draw useful materials for transient electronics from several different pools. Natural 
and synthetic polymers offer tuneable mechanical properties and good insulation capability. For this 
reason, they are typically employed for the substrate and the encapsulation of transient electronic 
devices (‘Carrier materials’ in Figure 1.2). Conversely, degradable and non-toxic conductors, semi-
conductors or dielectrics are typically used in the device operational elements (‘Active materials’ in 
Figure 1.2). 

 

Figure 1.2 Transient neurotechnology. The green box highlights current applications and future outlooks of transient neurotechnology. A 
set of representative devices is shown in the sketch, with identified components. Materials used and suggested for active components (sen-
sors, electrodes, traces and connections) and insulating carriers are listed in the grey and light blue boxes, respectively. 

1.1.1.1 Carrier materials 
Natural polymers such as silk6, cellulose7,8 and chitosan9 provide soft and flexible scaffolds for transi-
ent implants with a low inflammation response. Also, their processability has been improved, together 
with their compatibility with electronics. Current challenges for this class of materials lie in their po-
rous structure, potentially leading to premature leakage8, poor lot-to-lot reproducibility and critical 
immunogenicity of animal-derived samples. So far, silk represents the best trade-off in this category9–
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11. Finally, natural waxes could be exploited as an insulating material or, when mixed with conductive 
micro and nanoparticles, as electrical components12–14. 

Synthetic polymers and their combinations offer highly tailorable degradation rates allowing transient 
devices to adapt to a wide range of applications requiring functionality for different periods. Common 
synthetic polymers in this field are: poly-l-lactide-co-glycolide (PLGA) 12,13,15–21, polyvinyl alcohol (PVA) 
21–24, poly-l-lactide (PLLA) 12,15,22,23,25–28 and poly-ε-caprolactone (PCL) 25,29–33. The interest in these mate-
rials is understandable as they all have Food and Drug Administration approval for certain medical 
applications11,34,35. Their main degradation route in the body is via hydrolysis, with their by-products 
becoming water-soluble and then excreted or entering the tricarboxylic acid cycle and being eventual-
ly cleared in the form of carbon dioxide and water11. As an alternative, polyanhydrides have also been 
proposed as encapsulation components of transient electronics, offering a hydrophobic barrier to bio-
fluids36. For devices that need to sustain high strains, degradable and stretchable elastomers have been 
developed. Poly (1,8-octanediol-co-citrate) (POC) can endure strains as high as 50% while maintaining 
the electrochemical performances of stretchable supercapacitors built on its surface24. PCL-derived 
polyurethanes with Young’s modulus lower than 3.8 MPa can ensure efficient insulation for 30 days37. 

1.1.1.2 Active materials 
Conductive materials are crucial components of neurotechnology. Transient devices typically use me-
tallic-based conductors, such as magnesium (Mg) 6,12,13,15,17,18,27,38, zinc (Zn) 20,39 and molybdenum (Mo) 
19,23–25, which are also conveniently involved in biological functions9. One of the advantages of these 
metals is their complete solubility, by hydrolysis as electrochemical reaction with water (their stand-
ard electrode potential is lower than the one of oxygen)1. However, it also represents their main 
weakness since their fast dissolution reduces the device lifetime to a few days or weeks, maximum. 

Semiconductors is another relevant category of materials used in transient devices. A standard Si-
based integrated circuit of a few hundred microns in thickness will require several hundred years to 
dissolve by hydrolysis. On the other hand, thin monocrystalline silicon nanomembranes (Si NMs) and 
nanoribbons of tens of nanometres in thickness can disappear in less than a few weeks, degrading into 
Si(OH)4 well below solubility limits and toxicity levels6. The degradation kinetics of Si NMs can vary 
mostly according to dimension, solution content and silicon doping1. Biologically friendly silicon opens 
the doors to more sophisticated electronics patterning on transient substrates6,13,18–20,38,40. Zinc oxide 
(ZnO) is also used as a biodegradable semiconductor in transient thin-film transistors41 and energy 
storage units22. 

Conjugated polymers represent an attractive alternative as active materials for transient neurotech-
nology. Degradable conductive or semiconducting polymers are obtained generally by mixing pristine 
or doped conjugated polymers, such as polyaniline (PANI), polypyrrole (PPy) or poly(3,4-
ethylenedioxythiophene) (PEDOT), with degradable polyesters, polyurethanes or natural polymers42. 
The advantage of this solution is tailoring the degradation rate of the conductive components of tran-
sient devices, thus overcoming the fast dissolution rate of some metals. Nevertheless, this advantage 
comes at the cost of a substantial reduction in conductivity42. For this reason, their use in transient 
electronics has been delayed. 

Last, films of silicon oxides (SiO2) 6,18–20,38,40, magnesium oxides (MgO) 6,38 or molybdenum oxides 
(MoOx) 23,24 can be used as degradable dielectrics. 
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1.2 Transient neurotechnology 
Transient electronics also becomes appealing for medical applications like neurotechnology, where 
electrically active devices are employed at the interface of the neural tissue for either status monitor-
ing or stimulation of excitable cells. As mentioned before, transient, biodegradable and implantable 
devices are attractive because they eliminate the risks related to surgical retrieval25 and reduce the 
chronic inflammation and foreign body reaction (recruitment of monocytes and lymphocytes, followed 
by fibroblasts migration, macrophages fusion and formation of fibrotic capsule around the im-
plant)43,44. Permanent implants might be subjected to bacteria and biofilms development leading to 
infections and the consequent need for their removal45–50. Since the first pioneering work6, transient 
bioelectronics have grown fast, opening possibilities never thought of before. Among others, the port-
folio of devices presented so far includes biodegradable sensors for monitoring neural activity, pres-
sure, pH, biomarkers, temperature, motion and blood flow12,13,26,27,30,38,51,52, remotely controllable on-
demand drug delivery systems15, smart stents31, power supplies17,22,23,32,53,54 and neural stimula-
tors18,37,55. 

In neurotechnology, transient electronics is still in its infancy, but it represents an exciting direction 
towards innovative solutions to alleviate the burden of neurological and mental disorders.  

1.2.1 Recent transient devices in neurotechnology 

Multiple and multifunctional bioresorbable devices have been manufactured, addressing several med-
ical needs, from transient monitoring of biological parameters to transient neurostimulation. 

Continuous monitoring of the intracranial pressure (ICP) in patients that underwent a traumatic brain 
injury or invasive surgical procedure (e.g. decompressive craniectomy) is crucial to understand the 
clinical condition, improve the treatment and avoid possible adverse effects56. Kang et al. developed a 
wireless and fully degradable ICP sensor able to work for three days and degrade entirely within eight 
weeks in vivo (Figure 1.3A). A temperature sensor (Figure 1.3B,C), a pH sensor and accelerometers 
were added on the same degradable platform for a more comprehensive clinical status38. In another 
study, a temperature-sensitive capacitor, consisting of polyethylene glycol (PEG), monitored the rat’s 
intracranial temperature for four days12. Yang et al. extended the device lifetime by adding natural wax 
to the encapsulation13. Moreover, additional sensors were integrated to warn of leakage due to bioflu-
ids penetration. The device remained functional for three weeks in vivo. Lu et al. implemented an LC-
resonance system coupled with a pressure-sensitive capacitor to bypass the percutaneous wires con-
nected to the external device and eliminate the need for a battery52. The device monitored the ICP and 
temperature in rats for four days before degradation. 
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Figure 1.3 Biodegradable sensors for the brain. A) Schematics of the intracranial pressure sensor designed by Kang et al., with inset 
showing the sensing Si NMs. B) Biodegradable multisensory platform with detectors for intracranial pressure and temperature designed by 
Kang et al. C) Schematics of the implantation of the device in B in mice, with wireless data transmitter. Figure adapted from Kang et al. 38. 

Neural interfaces take advantage of transient neurotechnology by connecting the brain and nerves 
within a predetermined temporal window. The electrocorticography signal is typically used for foci 
mapping in drug-resistant epileptic patients before and after surgical sectioning of epileptogenic areas. 
Monitoring the neural activity depends on the surgery frequency and can last for several days57. Tran-
sient neural interfaces perfectly fit this application. Yu et al. developed a transient neural interface 
(Figure 1.4A) able to capture interictal and seizure-like spiking activity in mice for a month before 
degrading, as well as smaller amplitude signals such as somatosensory evoked potentials (Figure 
1.4B) 19. Xu et al. added a degradable pressure sensor on the same platform to monitor cortex swelling 
during neural recording25. Neural signals monitoring was also demonstrated by Bai et al. using biore-
sorbable photonic devices able, as spectrometers, to sense the cerebral temperature and its oxygen 
saturation20. Similarly, Fu et al. fabricated a biodegradable fibre for optical neural interfaces capable of 
deep brain fluorescence sensing and optogenetic interrogation in vivo for up to three days28. 

Neurostimulation is crucial to address neurological and mental disorders. Transient neurotechnology 
offers exciting answers also in this direction. Koo et al. reported regeneration and functional recovery 
of injured nerves by electrical stimulation using a fully biodegradable cuff electrode wirelessly con-
trolled through an Mg-based antenna (Figure 1.4C-E) 18. Radiofrequency power transfer generates 
enough voltage from the electrodes for nerve activation at a depth of 80 mm. This transient neu-
rostimulator overcomes the limits of intraoperative stimulation used to enhance neural recovery, al-
lowing extra-operational and on-demand wireless stimulation for six days. The lifetime of this device 
was then extended by Choi et al. by using materials with slower degradation rates (i.e. PCL-derived 
polyurethane for encapsulation and Mo for electrodes) 1,37. 
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Figure 1.4 Neurostimulation and neural recording with biodegradable electronics. A) Different configurations of a biodegradable 
electrode array for neural recording, with 4-electrode configuration (top left) and 16 x 16 configuration (bottom left), with 128 field-effect 
transistors (bottom right) with source, drain and gate electrodes in Mo (300 nm thick) and channel in SiO2 (300 nm thick). Encapsulation is 
in SiO2/Si3N4/SiO2 and substrate is in PLGA. The traces and electrodes, in Si NMs (300 nm thick), are encapsulated in 100 nm of SiO2 and 30 
µm of PLGA. B) Top, seizure-like recordings from the device in A implanted in rat; bottom left, electrocorticography (ECoG) recordings from 
the device in A, at day 30, when the device is still operational, and at day 33, when the device stops working. Control electrode is a non-
degradable stainless-steel microelectrode; bottom right, cortical recordings from the 64 sensing channels of the device in A after stimulation 
of a whisker. Pictures and graphs of A,B are adapted from Yu et al.19. C) Stretchable cuff-electrode for non-pharmacological neuromuscular 
regeneration. Substrate (100 µm thick), encapsulation (100 µm thick) and inter-layer (50 µm thick) are in b-DCPU; the stimulation cuff is in 
PLGA, 30 µm thick; electrodes and traces are in Mo, 15 µm thick and 200 µm wide; the diode is in Si NMs, 1.2 µm thick; the stacked coils are in 
Mo, 50 µm thick. D) Functional recovery of injured left hindlimb showed by increased toe spread after multiple neurostimulation with the 
device in A. E) Compound muscle action potentials (CMAPs) measured from the gastrocnemius muscle and generated by stimulation at 2.3 V 
of the sciatic nerve by the cuff-electrode in C. Pictures and graphs in C-E) are adapted from the work of Choi et al.37.  

Implantable and biodegradable energy providers represent an alternative to wireless power transfer. 
One of the first biodegradable batteries was developed by Yin et al., who compared single-cell batteries 
with an Mg anode, phosphate-buffered saline as electrolyte and a cathode material varied among iron, 
tungsten and molybdenum, all encased in polyanhydride (Figure 1.5A) 58. Huang et al. developed a 
fully biodegradable and self-electrified device for neuroregenerative medicine with a battery com-
posed of an Mg anode, a sodium alginate electrolyte and a Mo-MoO3 cathode, all encapsulated by a 
PLGA-polyanhydride layer54. Similarly, Sheng et al. developed a fully biodegradable supercapacitor 
made out of in situ grown flakes of amorphous MoOX electrodes and a sodium alginate electrolyte gel. 
Experiments in mice demonstrated device integrity for approximately a month before packaging rup-
ture, followed by complete resorption in six month23. Another bioresorbable capacitor was introduced 
by Li et al. PLLA, ZnO, Fe and PVA/phosphate-buffered solution hydrogel were the main components 
of their device (Figure 1.5B,C) 22. The operational lifetime in vivo was fifty days, and complete degra-
dation occurred within six months. In the future, it would be interesting to apply piezoelectric and 
triboelectric energy transducers in neurotechnology. Degradable materials with such properties have 
been recently tested for biomedical applications21,53,59–62. Jiang et al. reported several bioabsorbable 
triboelectric nanogenerators based on natural materials, reaching open-circuit voltages between 8 and 
55 V (Figure 1.5D-F) 60. Curry et al., instead, optimised the crystallinity and alignment of PLLA nano-
fibers to create a piezoelectric transducer, sandwiched between Mo electrodes, to convert electrical 
input into ultrasound waves for the transient opening of the blood-brain barrier in mice61.  
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Figure 1.5 Degradable batteries and bioabsorbable triboelectric nanogenerators (TENG). A) Image of a biodegradable battery with 
Mg-Mo cells stacked in series, with phosphate-buffered saline as electrolyte and encapsulated in polyanhydride. Adapted from Yin et al.58 B) 
Exploded structure of a bioabsorbable capacitor built with PLA nanopillars, Fe, self-assembled nanoporous ZnO and PVA/PBS hydrogel 
(electrolyte). The red and green spheres in the electrolyte represent cations and anions. The inset i) shows a picture of the NP-PLA film; the 
inset ii) shows the atomic force microscopy morphology of the NP-PLA film. C) Micro-computed tomography of the device implanted in rat i) 
at day 0 and ii) after one month. B and C are adapted from Li et al.22 D) Exploded structure of a general biodegradable triboelectric nanogen-
erator comprised of silk fibroin (SF) and Mg. NBP 1 and 2 stand for natural bioresorbable polymer 1 and 2, which could be any among chitin, 
cellulose, SF, rice paper and egg white, and work as friction layers. Inset i) is a scanning microscopy picture and ii) an atomic force microsco-
py picture of an NBP (not specified in the original manuscript). Scale bar in i) is 5 µm; 1 µm in the magnification. E) Micro-computed tomog-
raphy image of in vivo degradation of a silk fibroin-TENG in rats. The image in i) is taken on day 0 and the image in ii) is taken on day 84. F) 
Top: output voltage monitored in vivo of a methanol treated silk fibroin-TENG (M-SF) compared to a non-treated one (U-SF); bottom: 20-s 
electrical output recording of M-SF TENG in vivo. D-F are adapted from Jian et al.60.  

1.2.2 New research directions and challenges in transient neurotechnology 

There are multiple possibilities introduced by transient electronics in the biomedical field. Advance-
ment in chemistry, materials science and engineering allowed the definition of a new class of devices 
with a bright future in medicine. However, new research directions can be explored to expand the po-
tential of these devices. 

Transient devices can find application in several clinical cases like temporary brain mapping or pre-
liminary trials of neurostimulators. By degrading harmlessly over time inside the body, no complicated 
removal surgery is required when the device is not needed anymore or if it malfunctions. Also, transi-
ent neurotechnology reduces the waste of non-degradable disposable neural interfaces. Moreover, the 
absence of a permanent implant potentially allows the tissue to safely remodel around the site of im-
plantation, decreasing the risk of chronic infections and inflammation. Biocompatible temporary im-
plants could offer an invaluable instrument for research as well. Despite the invasiveness of the im-
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plantation procedure, transient neural interfaces might provide a more attractive alternative to stand-
ard devices for patients undergoing innovative treatments allowing neuroscience research to advance. 

The challenges in the field include the limited compatibility of standard microfabrication processes 
with biodegradable materials and the limited range in the degradation rate of the active components. 
In the past years, implantable neurotechnology has largely improved thanks to materials and fabrica-
tion strategies enabling soft 63, stretchable 64, conformable 65 and injectable 66 devices for compliant and 
minimally invasive neurotechnology. Some biodegradable polymers have appropriate mechanical 
properties, such as, among others, low elastic modulus, high strain at break and low hysteresis. How-
ever, their limitation often arises from the low compatibility with standard fabrication processes. Low 
temperature and solvent-free fabrication techniques are necessary for building biodegradable neuro-
technology. However, the reproducibility and reliability of these manufacturing methods still need 
improvement compared to standard cleanroom processes. 

Another challenging research direction is the alignment of the materials degradation rate with the 
required device lifetime. Some applications might be short-term (e.g., a few days or a couple of weeks), 
and available transient neurotechnology can match this timeline already. For example, intraoperative 
brain mapping of epileptogenic areas lasts hours before resection, while two weeks are sufficient for 
intracranial pressure monitoring after surgery67. Other applications might require longer durations, 
and the device degradation rate must be tailored accordingly. This material-related issue is currently 
faced by developers of bioresorbable stents, for which mechanical support is vital within the first 3–6 
months after deployment68. In neurotechnology, a longer device lifetime (i.e., > two months) might be 
beneficial in neurostimulation for regeneration and functional recovery after nerve injury, surgery and 
stroke events69,70. Successful pain relief at 12 months has been obtained after a peripheral nerve stimu-
lation therapy of 60 days71. A longer therapeutic application might further improve recovery. The 
short-term functional life of devices is associated with the fast degradation of metals used in the active 
elements (e.g., Mg, Zn and Mo). Conductive or semiconductive materials with a slower degradation 
rate are necessary to extend the lifetime of transient devices. Degradable conductive polymers are 
advantageous for researchers to tailor the degradation rate. However, today this improvement is at 
the expense of their conductivity. The search for highly performant conductive and semiconductive 
biodegradable polymers is needed in transient neurotechnology. 

Achieving a slower degradation rate and longer lifetime might also enable transient neurotechnology 
for long-term applications. Whereas the transient electronics concept is intrinsically founded on tem-
porary applications, chronic use of such devices could also be investigated. Permanent implants such 
as deep brain stimulators, cardiac defibrillators and pacemakers, are often subjected to infections45–48, 
loss of efficacy or appearance of adverse effects49. These problems can lead to complete or partial re-
moval, substitution or repositioning of the device even within just the first year of implantation48,49. 
Thus, transient devices able to sustain active functioning for longer periods before degrading offer the 
opportunity to mitigate these issues. Similarly, biodegradable power supplies with a slow degradation 
rate could substitute current non-degradable batteries, which need replacement every 2–5 years50. 

Regardless of the device duration, the disposal of the implant within the body might require a different 
timeline. Slow degradation is an appealing feature for transient neurotechnology since it might also 
allow for better tissue remodelling and reduced chronic postsurgical wound complications1,30,39. On the 
other hand, trauma upon implantation is unavoidable; therefore, making transient neurotechnology 
combined with drug delivery and regenerative medicine is an exciting pathway to lower acute reac-
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tions. While degrading, the transient neurotechnology might in fact release compounds to mitigate the 
inflammatory response or embed cells to promote tissue remodelling and regeneration.  

1.3 A minimally invasive approach in neurotechnology 
The ultimate goal of developing a transient neural interface is to minimize patients’ discomfort for the 
best therapeutic outcome. In fact, as mentioned before, using degradable materials and embedded 
drug delivery systems could reduce inflammation, so that these body-compliant materials do not cause 
counterproductive reactions of the tissue hindering device functionality and thus necessitate further 
intervention on the patient. Moreover, removing the need for device retrieval eliminates additional 
surgeries for the patient. It could be said then that such a device design is in line with the “minimally 
invasive approach”72,73. There is no universal definition of what is “minimally invasive” but Paul S. Lar-
son, MD suggested a few guidelines in the field of deep-brain stimulation (DBS): “decrease patient’s 
discomfort, reduce operative time, and/or minimize penetration of the brain”73. When designing a 
minimally invasive neural interface, all these aspects should be addressed.  

Besides the choice of materials, the device size deeply impacts the surgical footprint left after implan-
tation, in terms of lesion size, blood vessels avoidance and consequent inflammatory reaction to the 
implant. Multiple efforts have been recently put in place to reduce the size of implantable microelec-
trode arrays and therefore, the penetrated volume in the brain74–76; some relevant examples of devices 
that are minimally invasive in this sense are reported in the next paragraphs.  

Zhao et al. successfully developed a 1 µm-thick flexible neural electrode array, called nanoelectronic 
thread, NET (Figure 1.6A,B) 77, that can be implanted using 12 µm diameter tungsten microwires as a 
temporary shuttle, leaving a minimal surgical footprint of less than 200 µm2. Histology after two 
months from implantation in mice revealed normal neural and astrocyte density (Figure 1.6E). This 
result is in line with a previous report by the same group, where no glial scar formation occurred with 
the same device after five months from implantation, astrocytes surrounded only capillaries in a phys-
iological way, microglia was not activated, and neuronal distribution was not preferential with respect 
to device location (Figure 1.6C,D). Moreover, the recording performance of the electrodes was stable 
in the long-term: noise level decreased and the number of active electrodes and the signal-to-noise 
ratio (SNR) value increased in the first month and remained stable up to four months78. However, a 
cranial opening of 3 mm by 3 mm was necessary to access the brain and implant the device with the 
shuttle79.  

Guan et al. proposed instead a degradable shuttle for their Neurotassels80: 12 x 3 µm probes were as-
sembled by capillary forces inside a pure PEG shank that dissolves when implanted in the wet biologi-
cal tissue. Compared to the NET, each thread is clearly thicker and larger, but it can allow for a valua-
ble trade-off between higher channel counts and minimal footprint. In fact, immunohistochemistry 
after five weeks from implantation showed a minimal neuronal cell loss around the implant, which 
was less than the one induced by a silicon probe with a similar cross-section. Also in terms of signal 
quality, the Neurotassels obtained an SNR of approximately seven, which was stable for six weeks, and 
they were able to isolate multiple sortable neurons at all time points (10 µm diameter electrodes). 
Moreover, the cranial opening needed to implant the device was only 2 mm2. Compared to the NET, 
Neurotassels can be scaled-up to 1024 channels and still assembled in a PEG fibre of approximately 
100 µm diameter, by reducing the thread cross-section to 3 x 1.5 µm2, similar to neurites size. In a fol-
low-up work81, they pushed the dimensions of the probes even further to approach mechanical charac-
teristics of neurons: the new electrodes consist in free-standing films of 50 or 100 nm of gold, 25 µm 
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long and 3 µm wide. The traces of these electrodes are insulated between two layers of 1 µm thick pol-
yimide. Additional holes in between traces were cut out of the polyimide. After twelve weeks from 
implantation of the device (120 channels) in mice brains, with the same method based on the PEG 
shuttle, it is possible to notice tissue penetration inside the holes of the device and neuron continuity 
across it. This allowed for identification and tracking of neuron populations during a behavioural task 
and identification of 71 single units at twelve weeks post-implantation. 

As an alternative strategy to avoid completely the use of a temporary/degradable shuttle for device 
implantation and further reduce the surgical footprint, Vitale et al. developed a microactuation system 
that exploits tension forces to insert their microfibers inside a mice brain. These carbon nanotubes 
fibres (CNTf, Figure 1.6H), with diameters ranging from 12 to 25 µm, do not buckle and are smoothly 
inserted by this system (Figure 1.6F)82. Computational simulations showed that applying force on a 
single point on them, such as when insertion is manual, is more inefficient than distributing the ap-
plied load along the probe. Their system consists in a polydimethylsiloxane (PDMS) microfluidic de-
vice where the flow of a phosphate-buffered saline (PBS) and dextran solution pushes a microwire 
inside a mouse brain, without bending or rupture, nor excessive fluid injection in the brain that could 
affect its pressure levels. Even though this delivery system is attractive, unfortunately they didn’t re-
port data concerning the tissue response to it, nor the size of the skull opening needed for insertion 
(Figure 1.6G).  
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Figure 1.6 Minimally invasive implants and implantation procedures. A) Picture of a NET device suspended in water and knotted at the 
tweezer tip. Scale bar is 50 µm. B) Microscopy picture of a NET after fabrication. Scale bar is 100 µm. C) Reconstruction of blood vasculature 
around the implant via 2-photon microscopy after 2 months from implantation. D) Projections of confocal micrographs showing nuclei soma-
ta in orange (NeuN) and microglia in green (Iba-1), around the NET implant after 5 months from surgery. White arrows indicate microglia 
soma and the orange arrows the neuron in contact with the device. A-D are adapted from Luan et al.78. E) Normal distribution of neurons and 
tissue morphology around the NET implant after 2 months. Adapted from Zhao et al. 77. F) Failed attempt of manual insertion of a CNTf mi-
croelectrode in agarose (left) and successful insertion using a microfluidic propulsion (right). G) Sketch of in vivo testing in rat (top left) and 
actual setup of implantation of CNTfs using the microfluidic device in D (top right). In orange a representative trace of neural recording by 
the CNTf microelectrode in acute experiment). H) SEM image with false colours showing the 12 µm microelectrode inside the microfluidic 
channel. D-F are adapted from Vitale et al.82. I) Schematics of the delivery of the mesh electrodes proposed by Fu et al. and Liu et al. Injection 
can be done using a capillary needle. Adapted from Liu et al.83. J) Horizontal brain slices stained for neurofilaments (red, neural axons), NeuN 
(yellow, neural somata) and implanted mesh (blue) at different time points (2 and 12 weeks) in the hippocampus (left) and cortex (right). 
Adapted from Fu et al.84. K) Schematics of the cranial micro-slits through which a subdural polyimide electrocorticography (ECoG) array is 
inserted. The dark orange rectangle is the polyimide pocket at the back of the device, inside which the stylet is inserted to pull the device. The 
stylet is already removed in the schematics. L) Microscopy picture of the undamaged cortical surface post-mortem, after removal of the 
device in K (location indicated by the dashed rectangle). K and L are adapted from Ho et al.85. 

Another “minimally invasive” device is the mesh electrode-array presented by Fu et al.79,84. Not only 
did they aim at minimizing the size of the implant and the impact of the implantation procedure, but 
they also chose materials and geometries that would give their electrode-array mechanical properties 
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similar to those of the neural tissue (0.1 nN m bending stiffness of the device) to further reduce in-
flammatory reactions. The mesh is 800 nm thick, and each strand is 20 µm wide. It can be folded inside 
a glass capillary needle with an outer diameter of 650 µm, for which a 1 mm-burr hole is opened 
through the dura. By connecting this needle to a loaded syringe, it is possible to deliver the mesh in-
side the brain by controlling the syringe flow (20-50 ml h-1, total injected volume 10-100 µl, Figure 
1.6I). After delivery the external connections of the electrodes are handled. Due to the injury caused 
by the insertion needle, at two weeks post implantation cell density around the implant is low; howev-
er, at six- and twelve-weeks astrocytes, microglia and neurons are present at a normal density through 
and around the mesh, suggesting low chance of chronic inflammation (Figure 1.6J). This was con-
firmed by histology data after 1 year post implantation. In a following work the authors further minia-
turized the mesh to fit inside a 170 µm outer diameter needle and delivered it inside mice brains leav-
ing a footprint diameter of 185 µm, but no histological data has been reported yet86. 

Similarly, Ho et al. recently reported a polyimide-based microelectrode array that can be implanted in 
a minimally invasive procedure85. The procedure consists in cutting cranial oblique micro-slits, of 5.5 
mm length and 400 µm width, and, under endoscopic and fluoroscopic guidance, the device is led 
through them using a stylet. The stylet is inserted in a PI pocket attached to the back of the MEA and 
from there it pulls the device inside the cranial slit. Once the electrodes are in contact subdurally with 
the brain, the stylet is retrieved, leaving the electrocorticography (ECoG) array inside (Figure 1.6K). 
This delivery procedure didn’t cause tissue damage or pia rupture in Göttingen minipigs, even after 
removal of the device (Figure 1.6L). It must be noted that for this test the authors did not mention at 
what time point the device was removed. In this particular case, the device size was not minimized as 
in the previous examples, although the total thickness is still low (20 µm), the electrode density high 
(529 electrodes per 0.48 cm2 cortical area) and the skull incision small (approximately 5.5 mm x 400 
µm).  

Finally, on the road of miniaturization of neural interfaces, it’s worth to mention the novel approach to 
neuromodulation represented by the use of smart nanoparticles (NPs) 76,87. For example, piezoelectric 
NPs can be targeted by ultrasound waves to locally generate a voltage stimulating the surrounding 
neurons; similarly gold NPs can be excited using light and locally produce heat (photothermal effect), 
causing capacitive currents depolarizing neurons membranes. Conjugated polymer NPs can also be 
used as nano-photovoltaic cells that, once illuminated with a proper wavelength, generate enough 
voltage to stimulate cells. However promising NPs are, thanks to their dimension and injectability 
through micro-syringes, the main challenges faced by this technology are the poor control over biodis-
tribution, unclear biosafety and the lack of cellular target specificity without appropriate gene therapy. 

These works support the hypothesis that a smaller device can be considered as “minimally invasive” in 
terms of minimizing the skull opening and reducing the inflammatory response by minimizing the 
lesion size created in the tissue by a miniaturized implant.  

However, in all the cases described in the last paragraphs, a burr hole in the skull was always indeed 
necessary to deploy the devices inside or onto the brain. Compared to complete craniotomy, as of to-
day there is not sufficient data to strongly define burr hole drilling less risky, but rather with compa-
rable outcomes88–90. For this, not all neurosurgeons prefer these innovative procedures. In terms of 
terminology, these surgeries fall within the minimally invasive neurosurgeries procedures73,91,92. The 
International Society on Minimally Invasive Neurosurgery (ISMIN) affirms however that a level I or II 
recommendation for a minimally invasive procedure, such as the key-/burr- hole surgery, cannot be 
provided92. To clarify, the Congress of Neurological Surgeons (CNS) defines as level I recommendation 
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one that is supported by evidence from randomized clinical trials, and level II recommendation one 
whose evidence is given by comparative clinical studies, such as non-randomized, case-control and 
other comparable studies. More information about these guidelines can be found at: 
https://www.cns.org/guidelines/guideline-procedures-policies/guideline-development-methodology. 
The absence of these trials nowadays defines the impossibility for a level I or II recommendation of 
such procedures compared to well-established full craniotomies. In fact, it would not be possible to 
expect from a patient the availability for an unnecessary larger incision, with a consequent larger scar 
leftover, when a smaller option is available92. If on one hand the patient’s choice might justify the need 
for small-scar procedures, on the other hand this makes it difficult to establish that smaller incisions 
unequivocally imply less risks and leaves the choice to the discretion, opinion and experience of the 
surgeon.  

A strongly promising approach that bypasses completely any cranial opening for the implantation of a 
neural interface is the one recently proposed by Oxley et al. and sporadically used in the past93. This 
strategy exploits the blood vessels as an access route to the brain, using wire electrodes or electrodes 
mounted on a stent to perform neural recording and stimulation from within a vascular channel. This 
approach allows access to the neural tissue avoiding potential damage caused by direct contact to it. 
Given the anatomical distribution of the vasculature, an endovascular electrode array might be im-
planted not only in the brain, but also in limbs for example for neuromodulation of the neuromuscular 
system in a motor rehabilitation context.  

Concerning terminology, this approach might also be considered “minimally invasive” as it even elimi-
nates penetration of the neural tissue, avoiding possible fibrotic scar formation and consequent loss of 
information, and with minimal surgical incisions. However, according to this terminology there 
shouldn’t be any difference between the endovascular devices and penetrating probes described 
above. In fact, even the stimulator of DBS therapy is considered minimally invasive. On the other hand, 
the risks associated with endovascular implantation of devices might be less compared to those of 
keyhole craniotomies, but the terminology nowadays would be the same. There is a need for new ter-
minology that, rather than describing invasiveness, defines a risk level. As a matter of fact, what is 
commonly defined as “minimally invasive” is what is actually thought of as “minimally risky”. In an 
attempt to clarify this, Leuthardt et al. suggested a more risk-specific terminology to be used as a 
standard in the field of Brain Computer Interfaces (BCIs)94. When describing a BCI system, according to 
the authors, one could classify devices as: “non-invasive” (i.e., no skin penetration), “embedded” (i.e., 
penetrating until the inner table of the cortical bones) and “intracranial” (i.e., penetrating the intracra-
nial space). Implantation procedures of “embedded” devices do not carry life-threatening risks or high 
morbidity probability. “Embedded” devices can be “minimally invasive” if the surgical incision is less 
than 1 cm long. “Intracranial” devices instead might cause life-threatening risks, brain injury, infection, 
and haemorrhage. Additionally, “intracranial” devices can be “minimally invasive” if the surgical inci-
sion is less than 1 cm long. According to the authors then, a “minimally invasive” device is not neces-
sarily one with less risks. Nonetheless, endovascular and tissue penetrating probes would still fall 
within the same category of “minimally invasive intracranial” devices. A more in-depth analysis of the 
risks of different implantation procedures could further discriminate among the safety of different 
devices, especially of the endovascular ones. However, given the early stage of these technologies, it is 
difficult to reach a fair comparison today.  

As of today, common risks associated with DBS system implantations and use are infection (4.2-10%), 
confusion (5.98%), hematoma (3.3%) and intracerebral haemorrhage (1.3%)95–97. However, confusion 
and haemorrhage occurrence can decrease with increasing surgeon experience96. In comparison, im-

https://www.cns.org/guidelines/guideline-procedures-policies/guideline-development-methodology
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plantation of endovascular devices such as cardiovascular implantable electronic devices (CIED) 
showed 0.9% of infection rate at 1-year follow up in 2 separate studies98,99. One of which details that 
75% of the infections occurred at the pocket site and the remaining 25% was bacteraemia or endocar-
ditis99. Another work analysed longer follow up periods and reported a 6.2% rate of infection at 15 
years from implantation and 11.7% at 25100. Overall, 66.1% were at the pocket site and 33.9% were 
blood stream infections. These results suggest that for CIED, most infections occur at the pocket site, 
and not at the endovascular electrodes. For this, a degradable envelope with an antibacterial drug 
might reduce this risk locally99. In the case of electrodes mounted on a stent, instead of floating wires, 
the risks of infection could potentially be even less. Stent infections are in fact rare. Reddy et al. in 
2019 reviewed cases since their first report in 1993 and found only 77 cases reported of stent infec-
tions, with a rate of more than 2 million stent implantations per year101,102.  

However, it must be noted that there are other risks concerning stent implantation, the most relevant 
among them is thrombus formation (1-3%), followed by re-stenosis (3.4%); stent adjacent stenosis is 
quite common as well (10-15%)103. In-stent stenosis might be reduced by using device coatings that 
release drugs inhibiting neointimal hyperplasia, such as those of drug-eluting stents (DES)104–106. Raza 
et al. reported a preliminary safety profile of endovascular neural interfaces, by analysing lessons 
learnt from venous sinus stenting and implantable cardiac devices103. Regarding the former, their con-
clusion is that in-stent thrombosis could be the main threat to patients and its probability of occur-
rence could be reduced by perioperative antiplatelets and anticoagulants therapy103. Regarding the 
latter, useful information could be collected concerning the leads: high-risk events related to their 
presence in the blood stream could be stenosis, thrombosis, infection, and rupture/malfunction. Lead-
induced stenosis might be related to the ratio between lead diameter and vessel size; however, a defin-
itive correlation hasn’t been found yet. Instead, a stronger influence was given by the history of intra-
venous catheterization. Lead-induced thrombosis could be potentially prevented by anticoagulation 
therapies, as for in-stent thrombosis. Infection development could be affected by multiple factors: 
comorbidities in patients, longer and more complex surgical procedures increasing the handling time 
of the device, and the overall size of the implant. A possible strategy to reduce risk of infection could be 
perioperative administration of antibiotics and use of lead with special antibacterial coatings. Overall, 
only more specific data about endovascular neural interfaces collected in the future will be able to set 
the ground for a scientific and objective analysis of the risks implicated in the use of these devices. This 
preliminary analysis might suggest that risk of infection could be less with stent-electrode arrays 
compared to DBS system, however thrombosis and stenosis represent new threats that need to be 
accounted for.   

1.4 Endovascular neurotechnology 
Using the blood vessels to deliver electrodes is a minimally invasive strategy for neural recording and 
neuromodulation. By removing the need of a craniotomy, avoiding possible damage to the neural tis-
sue and potentially decreasing perioperative risks, as discussed in the previous section, this approach 
might make neurotechnology available to a pool of patients larger than that of today97.  

1.4.1 Brief history 

The first reported use of endovascular electrodes for neural recording was published in 1973: Penn et 
al. used a catheter with a platinum-cobalt magnet at the tip and they implanted it in the middle cere-
bral artery using magnetically-guided navigation and used the electrode to record epileptic activity of 
the patient’s brain107,108. Although upon insertion of the device in the vessel an electrocardiographic 
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artefact was detected, it attenuated when reaching the cerebral target. No neurological damage to the 
patient was reported and only a minimal sedation was required (such as the one used for a routine 
angiography). Comparing the obtained signal with one recorded via standard scalp leads, higher fre-
quency rhythms (14-16 Hz instead of 8-9 Hz) were detected with the endovascular electrode108. Only 
after 1995 did new studies come out on the use of endovascular wires for neural recording of intra-
cranial EEG, interictal signals and evoked potentials, demonstrating the feasibility of this approach 
107,108. To increase the number of recording sites, a catheter with 16 electrodes mounted on it was used 
by Thomke et al. in 1998 to record intracranial epileptic seizures from the temporal lobe of a patient 
108. Although the article reports the recorded traces, the authors did not analyse the quality of the ob-
tained signals.  

1.4.2 Recent advances 

In 2005, Llinás et al. envisioned the application of nanotechnology to reach the capillary bed of the 
brain and perform neural recording from there109. Nanoprobes could be collected within a catheter 
and then spread along the target area, allowing high specificity recording without damaging the brain 
parenchyma. Firstly, they demonstrated recording of stimulated activity of the sciatic nerve from the 
sciatic artery using 20 µm Pt/Ir wires. The endovascular signals were compared to those obtained 
using a 300-µm silver ball electrode placed on the surface of the nerve. The noise level and frequency 
characteristics of the endovascular approach are comparable to those of the direct-contact electrode. A 
difference in the power was noted but attributed to the difference in electrode size. In a second set of 
experiments, the authors used 1 µm-diameter Pt wires with a cup-like enlargement at the tip, given by 
the deposition of Pt Black to reduce electrode impedance; this enlargement worked also as a “sail”, to 
help move the electrode navigation within the vessel by being carried by the blood flow. Using these 
electrodes, the authors demonstrated neural recording of the spinal cord signals from capillaries fol-
lowing nerve stimulation, with results larger in amplitude than surface electrodes. Finally, they pro-
pose to substitute metallic electrodes with polymeric, flexible, non-reactive, anisotropic conductors. 
For this, they used polypyrrole films with a thickness of 15 x 15 µm to record stimulated neural activi-
ty of the sciatic nerve from the sciatic artery. The amplitude of the intravascular signal is higher than 
the one obtained by the surface electrode and similar to those obtained by intravascular metallic elec-
trodes.  

In the same collaboration group, Watanabe et al. worked in 2009 on the optimization of the microwire 
size and navigation inside sub-millimetre channels110. They used a microcatheter to deliver a 1 µm-
diameter Pt wire inside 400 µm-diameter blood vessels and reached a curvature radius of 700 µm with 
a flow velocity of 5 mm s-1 (saline). With this electrode they were able to detect ex vivo neural re-
sponses (although not action potentials) from the anterior spinal artery close to the stimulated spinal 
cord of Xenopus laevis, that were comparable to signals measured via surface electrodes.  

In 2014, Bower et al. demonstrated endovascular neural recording from the superior sagittal sinus 
(SSS) of pigs111. The signal was compared to that obtained by a subdural grid with both 40 µm-
diameter microelectrodes and standard clinical contacts of 1 mm-diameter. The intravascular device 
was a standard, clinical-depth electrode with both macro and micro-contacts; it was inserted after 
craniotomy via an incision in the SSS (Figure 1.7A,B). Recording was tested after seizure induction: 
the amplitude of epileptiform spikes recorded from the two devices was similar and microelectrodes 
on the two of them were able to detect high-frequency signals missed by the macro electrodes (Figure 
1.7C). To evaluate the possible attenuation of the neural signal given by the endothelial vessel walls, a 
sinusoidal signal with different frequencies was applied between defined subdural electrodes and its 
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recording by the intravenous device was monitored. Results showed that the signal was detected with 
high fidelity until 1 kHz, suggesting the possibility for endovascular electrodes to reliably sense high-
frequency oscillation. This is valuable for example in epilepsy foci mapping.  

Along the same line, He et al. in 2016 investigated the signal quality of endovascular electroenceph-
alography in rabbits for brain mapping112. Specifically, they studied visually evoked potentials (VEPs), 
steady state auditory evoked potentials (SSAEPs) and steady state visually evoked potentials (SSVEPs) 
and compared results to dead animal controls and scalp electrodes signals (Figure 1.7D). Cardiac con-
tamination was removed. The authors implanted guidewire electrodes in the basilar artery and moved 
them while recording. The obtained signals and their signal-to-noise ratio (SNR) changed in amplitude 
depending on the electrode position within the vessel and proximity to the signal source. Overall, the 
SNR was better than scalp electrodes and for a wider range of frequency for SSAEPs than SSVEPs. Dead 
animal controls ensured the absence of non-biological artefacts. 

 

Figure 1.7 Recent endovascular neural interfaces. A) Experimental set-up of Bower et al. Standard subdural grids are compared to endo-
vascular electrodes after injection of penicillin inducing epileptic seizures in pig. B) Schematics of the electrodes used in A. C) Neural record-
ing of epileptic seizure by intravenous (IV, magenta) and subdural grid (blue) macro (thick lines) and micro (thin lines) electrodes. Large 
epileptiforms (a) are detected by all systems, while smaller spikes (b) are detected only by microelectrodes. A-C are adapted from Bower et 
al.111. D) Visually evoked potentials (VEPs) stimulated via LED and recorded by endovascular guidewire electrodes in different locations of 
the rabbit brain and vasculature (left). A control is reported using measurement in dead animal (right). Adapted from He et al.112. E) Magne-
toelectric (ME) film connected to an integrated circuit and stimulating leads. G) Schematics of the implantation of the ME bioimplant (ME-
BIT) inside the femoral artery to stimulate the femoral nerve. H) Electromyographic signal recorded from the bicep femoris during stimula-
tion with the ME-BIT (left) and neural action potential (NAP) of the femoral nerve recorded by hook electrodes during endovascular stimula-
tion with the ME-BIT (right). E-H are adapted from Chen et al.113. 
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Recently, Cheng et al. proposed a novel endovascular wire powered wirelessly by a magnetoelectric 
(ME) system113 (Figure 1.7E). By applying a magnetic field to a magnetostrictive material (Metglas), a 
deformation is induced on a piezoelectric film producing a consequent voltage. The generated voltage 
is then used to power the endovascular wire and stimulate the peripheral nerve adjacent to the blood 
vessel. While the wire stays in the vessel, the powering system is located between muscular fascicles 
outside the vessel, working as an anchoring point for the wire. This is also due to its size: 1.75 mm 
wide, 5 mm long and 0.3 mm thick. By controlling the frequency of the applied magnetic fields, the 
value of the generated voltage can be controlled. In this way it is possible to transmit information to 
the device and an application-specific integrated circuit (ASIC) connected to the ME system can trans-
form that information into specific stimulation parameters. However, this increases the overall size of 
the device to 3 x 2.15 x 14.8 mm, with encapsulation. When the device is inserted in an ex-vivo model 
of porcine tissue, operational voltages > 1.8 V were reached even at device depth down to 25 mm in 
the tissue with a 3 mm air gap between the transmitter and the tissue. Moreover, the wireless link was 
also maintained with a 25 mm misalignment between the transmitter and receiver. An in-vivo experi-
ment in a pig attempted femoral nerve stimulation from within the femoral artery with the transmitter 
1.5 cm far from the receiver (Figure 1.7G). Generated compound muscle action potentials (CMAPs) 
were recorded, and downstream nerve action potentials were used to control that the muscle activa-
tion was actually induced by the activation of the sciatic nerve and not by direct muscle stimulation 
(Figure 1.7H). Overall, this approach allows for wireless stimulation actuated by an endovascular 
electrode. However, the current size of the receiver might represent a thrombus source and an obsta-
cle to blood flow, if chronically implanted, although the authors proved its delivery even inside the 
femoral artery. Moreover, accurate control of the electrode position might be needed to ensure its 
proximity to the target nerve. 

The main limitation of the endovascular electrodes seen so far is the unsuitability for chronic applica-
tions: both catheters and wires cannot be placed inside blood vessels for long periods of time due to 
the high risks of thrombus formation through disruption of the blood flow109,111. Moreover, position 
stability is critical, and, because of this, selectivity might be lost. To overcome these difficulties, in 
2016, Opie et al. introduced the possibility to use a metallic stent as an endovascular support of Pt 
electrodes for neural recording from within a blood vessel93. In this way, the placement of electrodes is 
fixed, high proximity to the neural tissue is promoted by the expansion of the stent inside the vascula-
ture, and chronic recordings might be performed given the compatibility of the stent primary function 
with the blood flow. The next section will describe more in detail their findings. 

1.4.3  The StentrodeTM 

The StentrodeTM is built over a commercially available, self-expanding, intracranial Nitinol stent of 3 
mm diameter, normally used for clot retrieval. Pt disks of 750 µm diameter are glued to the stent strut 
cross-links and their cable connections are wrapped around the main shaft to which the stent is at-
tached (Figure 1.8A). The device can be inserted inside catheters with diameters down to 0.89 mm, at 
which electrodes start to detach due to friction93. In a first proof of concept the device is implanted in 
the SSS of a sheep (2 mm diameter) using a 4Fr catheter (1.1 mm internal diameter) and minimally 
invasive catheter angiography (Figure 1.8A). Upon implantation, 7 out of 35 electrodes appeared 
short-circuited to the stent. In another similar study, besides short-circuiting of the electrodes, the 
authors report methods used to identify and exclude from further analysis electrodes with wire frac-
tures, both after implantation and due to mechanical fatigues induced by the repetitive neck move-
ments of the sheep (Figure 1.8B) 114. Vessel wall incorporation was obtained in approximately 6 days 
and was monitored by imaging and electrodes impedance study. The characteristics of the latter in fact 
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changed greatly during the first 6 days but stabilized afterwards: fitting the data to an equivalent cir-
cuit model, a capacitive increase occurring in that time window suggested protein absorption to the 
electrode surface (Figure 1.8C-E). To test the recording ability of the device, somatosensory evoked 
potentials (SSEPs) were induced by stimulation of the median nerve. The signal amplitude was stable 
over 28 days but the percentage of the viable electrodes that effectively detected the SSEPs increased 
in the first 4 days after implantation. Supporting a good incorporation of the device within the vessel 
walls, the recording sensitivity also increased over time. The signal morphology significantly changed 
among 2.4 mm-distanced electrodes, suggesting discrimination of different neuronal populations. 
When compared to recordings of ECoG by subdural and surface electrode arrays, the StentrodeTM 
showed a performance comparable to that of the epidural array and slightly inferior to that of the sub-
dural. Specifically, ECoG amplitude and maximum bandwidth was significantly higher in subdural than 
epidural and endovascular electrodes at frequencies below 200 Hz; sheep chewing artefacts were 
similar with all devices. Chronic EEG recordings were achieved up to 190 days in a freely moving 
sheep (Figure 1.8F). Lumen patency was maintained up to 12 weeks, with average strut-to-lumen 
distance of 339 µm at the end and electrodes inclusion in the vessel walls occurring mostly in the first 
month and stabilizing after that115. A few occlusions of adjacent veins were reported but no adverse 
effects occurred.  

 

Figure 1.8 StentrodeTM development and characterization. A) The StentrodeTM with Pt electrodes (yellow arrow) mounted on the Soli-
taire (Covidien) stent and deployed through a 4F catheter (green arrow). B) Impedance module at 10 kHz of electrodes mounted on the stent 
(Stentrode) and of bare stents in vitro (left). On the right, impedance module values at 10 kHz of functional electrodes mounted on stent 
(Stentrode), short-circuited to the stent (Short) and fractured cable (Fracture). Short-circuited electrodes in vivo have similar values to bare 
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stents in vitro and can be easily excluded. To determine fractured cable-electrodes, analysis of the phase angle of the impedance can be used 
(not reported in this work). C) Synchrotron X-ray image of vessel wall incorporation of StentrodeTM at day 0 ex vivo in SSS of sheep. Scale bar 
is 2 mm. D) Sheep SSS internal lumen measurements via cerebral angiography at different time points after StentrodeTM implantation. E) 
Impedance spectroscopy measurements of StentrodeTM in vivo at different time points, compared to in vitro measurements in saline. The 
minimal difference between day 6 and day 28 suggests stabilization of the electrode-tissue interface. F) Maximum bandwidth from signals 
recorded by StentrodeTM implanted in sheep for 190 days. The number above each point represents the number of channels, cumulative of 
multiple sheep used in the study. G) Accuracy of decoding evoked potentials by median nerve stimulation in sheep and recorded from within 
the SSS by the StentrodeTM (EV, purple), epidurally (ED, green) and subdurally (SD, orange). H) Visually evoked potentials signal-to-noise 
ratios over 30 days of the StentrodeTM implanted in the SSS of sheep. Error bar is the root mean square error for the fit. A, C-F are adapted 
from Oxley et al.93. B is adapted from Opie et al.114, G from Gerboni et al.116 and H from John et al.117.   

Going further in evaluating the potential of the StentrodeTM as a possible Brain Computer Interface 
(BCI), the authors analysed the ability of the device to detect somatosensory evoked potentials and 
compared its performance to subdural and epidural electrodes117. The detection accuracy of the endo-
vascular electrodes was comparable to those of epidural and subdural devices in sheep, with no signif-
icant effect of the presence of either the dura or the vascular endothelium (Figure 1.8G). Analysing the 
signal-to-noise ratio (SNR), all devices showed similar SNR, that would similarly increase when signal 
was increased. A chronic evaluation of the ability of the device to detect evoked signals in time was 
carried out by monitoring SNR and peak-to-peak (PP) amplitude of visually evoked potentials (VEPs) 
in sheep over 30 days (Figure 1.8H)116. Large VEPs could also easily be used to calibrate the signal of a 
BCI interface and quickly assess electrodes viability. Results showed that variations in time of SNR and 
PP decreased in the last 10 days, suggesting that the device properties stabilized. Overall, both SNR 
and PP only slightly decreased over time, with a more pronounced negative slope for the latter. Other 
studies focused on the development of a signal classifier to accompany the StentrodeTM in a complete 
BCI interface118.  

After investigating through 7T functional magnetic resonance imaging (fMRI) the ideal locations in 
human for decoding the motor intention119,  a first early-feasibility study in men has been carried out 
in 2020 using customised thin-film monolithic stent-electrode arrays, with mechanical characteristics 
comparable to commercial stents120,121. Two patients with upper limb paralysis related to amyotrophic 
lateral sclerosis (ALS) underwent a venography neurointervention surgery where the Stentrode BCI 
was implanted in the superior sagittal sinus close to the motor cortex. Transvascular leads were con-
nected to an inductively powered internal telemetry unit (ITU) placed subdermally in the patients’ 
chest. Infrared light was used to wirelessly transmit the signal to an external telemetry unit (ETU), that 
would again send the signal to a tablet. The training started approximately 2 months after implanta-
tion and required a different number of sessions for the two patients. While using an eye-tracker to 
navigate a mouse on a screen, clicking was defined by the motor neuroprosthesis detecting muscular 
contraction from the motor cortex. The system was able to identify “no click”, “short click” and “long 
click” conditions. Performance testing sessions required typing of specific words for standardized as-
sessment and, inspired by the instrumental activities of daily living (IADL), they included also texting, 
emailing, online payment and shopping tasks. Unsupervised use of the system was allowed after 86 
and 71 days from surgery for patient 1 and 2 respectively. Importantly, the caregiver involvement for 
the use of the system is minimal, as only tablet turn-on and ETU connection are required. On the same 
line, stent delivery being a common interventional procedure, the training required for medical doc-
tors to implant the device would be relatively easy.  

Besides BCI uses of such neural interface, endovascular neuromodulation applications have also been 
investigated122. The device has been implanted at the intersection of the cruciate sulcal veins (CSVs) 
with the superior sagittal sinus of 8 awake and freely moving sheep. Testing started after complete 
endothelialisation of the device, approximately a month after implantation. Depending on the location 
of the electrodes, responses in different muscle groups were achieved. Some examples of elicited 
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movements include lip, jaw, or neck movements. Approximately 5.6 mA were required to achieve de-
tectable responses. The authors compared the StentrodeTM to subdural and penetrating electrodes: 
effective stimulation was achieved by a similar percentage of available electrodes in the different de-
vices (91%, 86% and 91% for endovascular, subdural and penetrating respectively). A possible use of 
neuromodulation directed by an endovascular neural interface could be to either replace or work 
alongside deep brain stimulating leads. In this context, Teplitzky et al. identified different key locations 
in the brain vasculature where vessels of at least 1 mm diameter are found adjacent to deep brain 
stimulation (DBS) therapy targets123. Specifically, they used the MRI and MR angiography scans of a 
single subject to create a 3D model of the human brain and vasculature. They found 5 areas close to 
large (> 1 mm) vessels:  

• the anterior nucleus of the thalamus, usually stimulated in epileptic patients, adjacent to the in-
ternal cerebral vein 

• the fornix, usually stimulated in Alzheimer’s disease patients, adjacent to the internal cerebral 
vein 

• the nucleus succubens, usually stimulated in patients with treatment resistant depression, ob-
sessive-compulsive disorders, addiction, obesity or anorexia mentosa, adjacent to the A1 seg-
ment of the anterior communicating artery 

• the subgenual cingulate white matter, usually stimulated in treatment resistant depression pa-
tients, adjacent to the segment 2 of the anterior communicating artery 

• the ventral capsule, usually stimulated in patients with obsessive-compulsive disorders, adja-
cent to the segment 2 of the anterior communicating artery 

 
As an example, they modelled the stimulation efficiency in terms of neuronal activation probability in 
the fornix and in the subgenual cingulate white matter, generated by guidewire electrodes and ring 
electrodes, the latter with adhesion to the vessel walls similar to the one of stents. Their results sug-
gested better performances of the ring electrodes compared to the guidewires, although suboptimal 
placement showed high variability in neural activation. Ring-electrodes conveyed neuronal activation 
similar to the one induced by standard stereotactic DBS leads.  

1.4.4 Current limitations 

The main limitation of the StentrodeTM is the presence of the stent shaft, due to the use of stentriever 
technology, which is not optimized for long-term applications103. This might be the source of thrombus 
and might be prone to mechanical failure, such as what occurred with the repetitive neck movements 
of the sheep in the presented studies. More studies investigating the appropriate lead diameter and 
material are required: cardiac devices (i.e., pacemakers, defibrillators) taught us that a thinner lead 
does not always ensure a lower risk of thrombosis; careful material choice and lead placement avoid-
ing highly mechanically solicited areas should be used to increase durability against mechanical fa-
tigue103. At the same time, being an endovascular device, dual antiplatelet therapy is necessary103. Giv-
en the preliminary animal studies of the StentrodeTM endothelialisation, the therapy should be carried 
out at least for the first month after implantation. However, it is still too early to understand what the 
long-term complications of this device are.  

Surgery duration and overall size of the implant leads and receiver should be minimized to reduce the 
risk of infection103. The latter can be strongly reduced by antibiotic treatment prior to surgery and for a 
period afterwards. However, if an infection was to take place, then removal of the device could poten-
tially be considered. Removal of an endotehlialised stent, whether it is because of an infection or de-
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vice failure, is challenging, although technological advances reduced its adverse risks124,125. However, 
information regarding such procedure was only found for cardiovascular stents and not cerebrovascu-
lar devices.   

Moreover, the use of a commercial stent, designed for applications in stenosis conditions, could cause 
unnecessary vessel over-expansions and additional stresses to the surrounding tissues103. Not only 
this, but the metallic substrate could also cause shortcuts of the electrodes and might not be suitable 
for other applications in the peripheral systems (the current StentrodeTM design is inspired by brain 
stents, i.e., Solitaire SAB by Covidien and TrevoPro by Stryker Neurovascular).  

Anatomical variations in the blood vasculature might be an obstacle limiting the pool of available pa-
tients103. For example, there might be risks of occluding unilateral dominant vessels encountered dur-
ing navigation. In the absence of appropriate collateral and compensatory drainage, there might be 
neurological complications and consequent obligation in excluding a patient. Moreover, in the pres-
ence of tortuous vascular structures, current catheter technologies might not be able to reach periph-
eral targets due to their limited manoeuvrability and the increased risk of damaging the vessel walls or 
the carried device. State-of-the-art catheter navigation systems rely on the ability of the interventional 
radiologist to manoeuvre and navigate the guidewire inside the vasculature. Once the guidewire is 
advanced, the catheter is tracked over and faithfully follows the path imposed by the guidewire. In 
correspondence of turns and intersections, the guidewire is gently pushed against the vessel wall and 
rotated to change its direction. The latest technological advancements, including tip deformation by 
cable-driven mechanisms or shape-memory properties of materials, showed promising results in in-
creasing manoeuvrability, and improving speed and efficacy of interventions. However, the stiffness of 
the catheter, required to sustain sufficient pushability and torqueability, might still limit accessibility. 
A new design for an endovascular neural interface could allow to overcome these problems by taking 
advantage of new materials, advanced microfabrication techniques, and novel technological paradigms 
in catheters navigation, guidewire-less, such as magnetically guided endovascular interventions126,127.  

1.5 Thesis strategy 

1.5.1 Motivation and open challenges 

The StentrodeTM has definitely opened a significant door in the field of minimally invasive neurotech-
nology: it offers a novel neural interface, able to chronically record neural signals and successfully 
work as a Brain Computer Interface, without needing a craniotomy for its implantation and avoiding 
possible damage to the neural tissue. Still, if on one hand it offers a minimally invasive implantation 
procedure, on the other hand the core device could be improved by addressing a few of the limitations 
described in the previous section. Among these, the difficulty in device removal in case of failure, loss 
of efficacy, patient’s preference or safety, also shared by other minimally invasive electrode arrays, 
might be solved by replacing the permanent implant with degradable electronic devices. However, 
their short lifetime (< two weeks) is not able yet to cover chronic applications.  

The goal of this thesis is to develop a new neural interface that combines the advantages of endovascu-
lar devices and transient electronics and overcomes their current limitations. This device, with a stent-
inspired design, can be implanted in a blood vessel, thus without needing a craniotomy, and is able to 
record and stimulate the surrounding neural tissue, avoiding possibly damaging direct contact with it 
and subsequent strong inflammatory reactions. At the same time, using a degradable scaffold for elec-
trodes support eliminates the need for further removal surgeries. If a device replacement is needed, 
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after degradation, a new device can be implanted in the same location, without the complexity possibly 
induced by removal of the old one (i.e., obstructing fibrotic scar, adhered tissue). Moreover, long-term 
complications related to permanent implantations of foreign bodies would be avoided. Choosing a 
degradable material with a slow degradation rate allows for tissue remodelling around the implant 
and better integration in the vessel walls, compared to metallic, permanent stents and non-degradable 
neural interfaces. In order to avoid the high dissolution rate of degradable metals commonly used in 
transient electronics, biocompatible and more durable conductive polymers can be used to fabricate 
the electrodes and traces of the envisioned neural interface, making it an overall all-polymeric device 
for durable use.  

The overall motivation behind this project is to build a durable neural interface that can ideally reduce 
to the minimum the inflammatory reaction without heavily affecting the performance. Possible appli-
cations that this device could cover include: temporary mapping of electrical activity of specific brain 
structures (such as the ones described by Teplitzky et al.123, Section 1.4.3) before, during or after in-
terventions; preliminary trials of neurostimulation therapies for both central and peripheral nervous 
system; recovery of injured nerves by neurostimulation; enhancement of motor recovery by precise 
neuromuscular stimulation. Moreover, the safe transiency of the device and its simple and minimally 
invasive implantation procedure could favour patients’ predisposition to undergo the surgery and 
increase the pool of targetable patients. If this is true, the amount of collectable data would also in-
crease, enriching scientists with precious information for improving therapeutic strategies fighting 
neurodegenerative disorders.  

The challenges around this device are multiple. First of all, the choice of materials should be in line 
with transient electronics and demonstrate sufficient performance and operational lifetime. Secondly, 
its design needs to be compliant with a delivery via small calibre catheters to reach the target locations 
in the vasculature. Third, its fabrication should be tailored to delicate transient materials, poorly com-
patible with standard microfabrication processes. Finally, the characterization should take into con-
sideration the endovascular environment to which the device will be exposed. The present thesis ad-
dresses these challenges and explores further improvements.  

A major limitation of the endovascular approach for neurotechnology is the vasculature curvature 
complexity, impossible to overcome with current catheter steering technologies. A potential solution 
introduced in this thesis is the development of a flow driven, magnetically steered, robotic navigation 
system of specifically microengineered endovascular probes. This not only would allow to enlarge the 
pool of available therapeutic targets in the body, especially targeting the microvasculature, but also 
would reduce the risk of vessel wall perforation. Moreover, the autonomous capabilities of flow driven 
navigation may assist the physicians and reduce their prior lengthy training requirements. By using 
blood flow as an energetic source and magnetic fields for steering, pushability and torquability re-
quirements are no longer needed, thus allowing further miniaturization of the endovascular devices. 
Via cleanroom-based microfabrication techniques such devices could be equipped with microscopic 
electronic circuits, which could be used to monitor temperature, blood flow and perform electrical 
stimulation or recording.  

Combined together, strategies and devices presented in this work could provide a new toolkit in the 
field of bioelectronic medicine that could expand our knowledge of the human body and pave the way 
for innovative therapies.   
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1.5.2 Objective and thesis structure 

The general objective of this thesis is to develop a minimally invasive and transient neural interface, 
able to work from within a blood vessel, and propose a novel navigation system for endovascular 
probes. The next chapter (Chapter 2) will describe the development of a transient all-polymeric neu-
ral probe for prolonged neural recording, addressing fabrication techniques, electrochemical charac-
terization and in vivo testing, with the collaboration of the Laboratory of Professor Rosa Chiara Paoli-
celli from the University of Lausanne. In Chapter 3, the device design is revisited to allow an endovas-
cular implantation, followed by specific characterization. A possible delivery system is developed and 
preliminarily validated, thanks to the collaboration with the research team of Paolo Machi, MD of the 
Neuroradiology Division of Geneva Hospital. The following Chapter 4 focuses on overcoming a com-
mon challenge of the delivery of endovascular devices: complex vasculature structures preventing 
target access due to low flexibility and manual control of catheters. The proposed strategy, applicable 
to the device in Chapter 3 or similar others (e.g., the StentrodeTM), was developed in collaboration 
with the Microbiorobotic systems laboratory of EPFL and explores the development of a flow-driven, 
magnetically directed, navigation system for microengineered endovascular probes. This system can 
potentially reduce intraoperative risks during catheterization procedures and overcome complex vas-
culature ramifications, blocking current catheter technology. In this context, an alternative system is 
then proposed in Chapter 5, for when the device navigation cannot be propelled by perfusion flow, 
such as in obstructed arteries. A magnetic actuation can compensate for the absence of flow and allows 
for navigation of sophisticated probes inside sub-millimetre vessels. The devices described in Chapter 
4 and Chapter 5 host circuitry for neural recording or stimulation, thermal sensing and flow analysis, 
opening the door for high-proximity study of conditions in deep vascular segments. Finally, the last 
chapter (Chapter 6) of the thesis will wrap up the obtained outcomes, highlight current limitations, 
and suggest future directions. 
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Chapter 2 All-polymeric transient neural 
probe for pro-longed in vivo electrophysiolog-
ical recordings 

The goal addressed in this chapter is the development and testing of an implantable, transient neural 
interface able to record neural signals for longer than current transient devices (i.e., one month).  

This chapter is adapted from the following article: 

Title: All-polymeric transient neural probe for prolonged in-vivo electrophysiological recordings 

Authors: L. Ferlauto*, P. Vagni*, A. Fanelli, E. G. Zollinger, K. Monsorno, R. C. Paolicelli, D. Ghezzi 
(*equal contribution) 

Affiliations: 

• L. Ferlauto†, P. Vagni‡, A. Fanelli, E. G. Zollinger and D. Ghezzi: Medtronic Chair in Neuroengi-
neering, Center for Neuroprosthetics and Institute of Bioengineering, School of Engineering,
École polytechnique fédérale de Lausanne, Switzerland

• K. Monsorno and R. C. Paolicelli: Department of Biomedical Sciences, Faculty of Biology and
Medicine, University of Lausanne, Switzerland

Journal: Biomaterials, 2020, volume 274, https://doi.org/10.1016/j.biomaterials.2021.120889. 

Contributions: A. Fanelli worked on the manufacturing resolution (fabrication, tests, data analysis), 
performed the accelerated degradation study in vitro, and contributed to the discussion about the 
electrodes’ degradation. L. Ferlauto: designed the study, fabricated the devices, performed electro-
chemical characterization and analysed data, performed surgeries, performed immunohistochemistry, 
collected confocal images, and wrote the manuscript. P.  Vagni: designed the study, performed surger-
ies, performed electrophysiology and analysed data, performed immunohistochemistry, collected and 
analysed confocal images, and wrote the manuscript. E. G. Zollinger: performed the surgeries and im-
munohistochemistry, collected confocal images, and performed cytotoxicity assay. K. Monsorno and R. 
C. Paolicelli: supplied genetically modified mice and participated in the histological tests. D. Ghezzi:
supervised the entire study and wrote the manuscript. All the authors read and accepted the manu-
script.

†Now at University of Bologna, Italy. 

‡Now at New York University, US. 

https://doi.org/10.1016/j.biomaterials.2021.120889
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2.1 Introduction 
Building devices able to disappear in the surrounding environment after a programmed lifetime, leav-
ing minimal and harmless traces after their disposal, is a fascinating idea for the development of green 
electronics to preserve the environment by reducing waste production and recycling processes 58,128–

131. The same concept is also appealing for medical devices 6,18,27, such as localised drug release systems 
132, power units 133, external sensors 134 and implantable recording systems 38, to eliminate the risks 
related to surgical retrieval 25 and reduce the chronic foreign body reaction 43. 

In medical applications, the durability of transient devices is highly dependent on the degradation time 
and process of the materials used for the substrate and encapsulation layers and, most importantly, of 
the functional components exposed to the body. While several biodegradable natural or synthetic pol-
ymers, such as cellulose 128, silk 135 and poly(lactic-co-glycolic acid) 19,136, are often used as substrate 
and encapsulation materials, so far the choice for the functional elements has always landed on transi-
ent inorganic materials. These materials, such as magnesium, zinc, molybdenum, or iron, dissolve 
within minutes, hours, or maximum days, once in contact with body fluids 134,137. This short functional 
window still limits the list of potential medical applications for transient devices. 

To extend the lifetime of transient medical devices, and consequently increase their possible applica-
tions, such as for example mid-term monitoring of the brain activity, our strategy is to switch from 
degradable metals to entirely polymer-based devices. Poly-ε-caprolactone (PCL), one of the biode-
gradable polyesters with the slowest degradation rate35, offers a prolonged stability of substrate and 
encapsulating components of the device, protecting the conductive traces and electrodes. Fastly dis-
solving metals can be replaced by low-quantities of poly(3,4-ethylenedioxythiophene) (PEDOT), doped 
with polystyrene sulfonate (PSS). This material allows for low impedance, high charge injection capa-
bilities138 and can be easily patterned on sensitive materials, such as PCL (low melting temperature, 
high susceptibility to solvent). The results show the fabrication and the in-vitro characterization of all-
polymeric transient neural probes (TNPs) allowing prolonged electrophysiological in-vivo recordings 
up to three months post-implantation. Histological studies revealed minimal foreign body reaction 
both in the short- and long-term. 

2.2 Results 

2.2.1 Probe fabrication and characterization 

We fabricated TNPs based on PCL as substrate and encapsulation layers, and PEDOT:PSS doped with 
EG as a conductive element, by using soft lithographic techniques (Figure 2.1 and Figure 2.3a,b). PCL 
is a commercial biodegradable polyester widely used in biomedical applications 35,139–141. It is easy to 
process and has a longer degradation time (several months or years35) compared to most biodegrada-
ble polymers. PEDOT:PSS dispersed in water is commercially available, has excellent biocompatibility, 
has the ability to support cells viability 142,143, and can be integrated into softer systems like elastomers 
144,145 and hydrogels 146,147. EG doping of PEDOT:PSS is known to improve its conductivity 148,149. The 
micro-structured PCL-based substrate (thickness 60–70 μm) and encapsulation (thickness 60–70 μm) 
layers have been obtained by replica moulding. The hollow regions of the substrate layer have been 
manually filled with PEDOT:PSS:EG to create electrodes, traces and contact pads (Figure 2.1a-c).  
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Figure 2.1 Fabrication of all-polymeric transient neural probes. (a) PCL substrate obtained via replica moulding. (b) PCL substrate with 
PEDOT:PSS:EG deposited in the hollow regions (50-μm depth) corresponding to the electrodes, traces, and pads. (c) Probe encapsulated with 
a matching PCL layer with protruding traces (60 μm thick) and openings to expose the recording sites and the pads. (d) Process flow of the 
main fabrication steps (dimensions are not in scale). 

Electrodes are 500 μm in diameter (Figure 2.3c,d) and traces are 200 μm wide (Figure 2.3e). At the 
electrode level, the PEDOT:PSS:EG layer is approximately 3 μm thick, while at the trace level, it is ap-
proximately 1 μm thick (Figure 2.2). After curing of the PEDOT:PSS:EG, the PCL encapsulation layer 
has been manually flip-bonded to the substrate layer via a low-temperature process (total probe 
thickness ranging from 120 to 140 μm). This procedure ensured a complete filling of the trenches for 
the conductive traces (Figure 2.3e).  

 

Figure 2.2 SEM characterization of the all-polymeric transient neural probe. (a) Cross-section of one electrode after cutting (image tilt 
10°). The insert shows a magnification. (b) Cross-section at the level of the traces after cutting without the encapsulation layer (image tilt 
10°). The insert shows a magnification. 
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IS showed remarkable performances of all-polymeric TNPs based on PEDOT:PSS:EG, characterised by 
low impedance magnitude (Figure 2.3f) and low impedance phase angle (Figure 2.3g) over a wide 
range of frequency (from 10 Hz to 100 kHz), which makes them appropriate for the recording of both 
low- and high-frequency neuronal signals, such as LFPs and neural spiking activities respectively. The 
comparison of multiple probes showed very low intra-probe variability. On the other hand, the inter-
probe variability might be explained by the manual deposition process of PEDOT:PSS:EG resulting in a 
variable thickness of the conductive layer.  

 

Figure 2.3 All-polymeric transient neural probes. (a) Picture of a fully assembled TNP with four PEDOT:PSS:EG electrodes. (b) Sketch of 
the TNP highlighting the three layers: PCL encapsulation, PEDOT:PSS:EG electrodes and PCL substrate. (c) Scanning electron microscopy 
image of the four electrodes encapsulated in PCL (image tilt 45°). (d) Magnification of one electrode (image tilt 45°). (e) Scanning electron 
microscopy image of the cross-section of one encapsulated trace (image tilt 10°). (f) Plots of the impedance magnitude (black) and imped-
ance phase angle (grey) of 4 electrodes from a representative TNP. (g) Quantification of the impedance magnitude (left) and impedance 
phase angle (right) at 1 kHz for all the 4 electrodes from 3 TNPs (respectively in red, blue, and green). (h) Picture of traces with decreasing 
width: 200 μm, 120 μm, 60 μm, 40 μm and 20 μm. Traces are 6.3 mm long and pads are 2 × 2 mm2. (i) Quantification of the trace resistance as 
a function of the trace width. Kruskal-Wallis: p < 0.0001. Dunn's multiple comparisons test: 200 μm vs. 120 μm p > 0.9999; 200 μm vs. 60 μm 
p = 0.0202; 200 μm vs. 40 μm p = 0.0001; 200 μm vs. 20 μm p > 0.0004; 120 μm vs. 60 μm p = 0.5545; 120 μm vs. 40 μm p = 0.0158; 120 μm 
vs. 20 μm p = 0.0118; 60 μm vs. 40 μm p > 0.9999; 60 μm vs. 20 μm p = 0.6738; 40 μm vs. 20 μm p > 0.9999. (j) Picture of electrodes not 
encapsulated with decreasing electrode diameter and trace width: 500/200 μm, 300/120 μm, 150/60 μm, 100/40 μm and 50/20 μm (elec-
trode diameter/trace width). (k) Quantification of the impedance magnitude at 1 kHz as a function of the electrode diameter. Kruskal-Wallis: 
p = 0.6462. (l) Quantification of impedance phase angle at 1 kHz as a function of the electrode diameter. Kruskal-Wallis: p = 0.0002. Dunn's 
multiple comparisons test: 500 μm vs. 300 μm p = 0.1578; 500 μm vs. 150 μm p = 0.0009; 300 μm vs. 150 μm p = 0.2790.  
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To verify that the excellent electrochemical characteristics of the TNPs were not related to shortcuts 
between electrodes caused by the porosity of the PCL scaffold, we took advantage of an all-polymeric 
TNP with a modified design embedding 17 electrodes (Figure 2.4). In this specific device, four traces 
were interrupted, due to a gap in the PEDOT:PSS:EG layer (Figure 2.4a-c). As expected, only the corre-
sponding electrodes were rightfully not functional (Figure 2.4d,e), thus confirming that shortcuts be-
tween electrodes are not present. Besides electrochemistry, we also measured the averaged line re-
sistance of the traces, which was 319.5 ± 75.01 Ω (±s.d., n = 8 traces; Figure 2.3h,i) for 200 μm wide 
and 6.3 mm long traces. 

 

Figure 2.4 Independence of the electrodes. (a) Picture of an all-polymeric TNP with higher channel count (17 electrodes, 700 μm in diam-
eter) and its connector. The red box shows a magnified view of a portion of the neural probe where traces appear to be disconnected. (b,c) 
Magnification of the disconnected traces and corresponding electrode numbers. The images correspond to the white boxes in (a). (d) Plot of 
the impedance magnitude of all 17 electrodes as a function of frequency. In red are highlighted the measurements from the electrodes with 
disconnected traces. (e) Plot of the impedance phase of all 17 electrodes as a function of frequency. In red are highlighted the measurements 
from the electrodes with disconnected traces. 

Then, we investigated the minimum dimensions for electrodes and traces that could be reached using 
these materials and fabrication methods. First, we fabricated narrow traces and measured the average 
line resistance (n = 8 traces for each dimension; Figure 2.3h,i). As expected, the line resistance signifi-
cantly increased with the decrease of the width. It must be noted that for 20 μm wide traces, only 3 out 
of 8 traces appeared to be connected. Therefore, the resolution limit for traces is 40 μm. Next, we fab-
ricated TNPs with smaller electrodes and traces (Figure 2.3j) and tested IS (n = 7 electrodes for each 
dimension). As expected, the impedance magnitude (Figure 2.3k) and the impedance phase angle 
(Figure 2.3l) increased with the reduction of the electrode diameter. Among the dimensions tested, 
the smallest electrode (50-μm electrode diameter and 20-μm trace width) resulted not connected 
(Figure 2.3j, black arrow), as expected due to the narrow trace. Electrodes with 100 μm dimeter (40 
μm trace width) resulted not working because the electrode openings in the PCL encapsulation layer 
closed during the bonding to the PCL substrate. Hence, the minimum dimensions reached for the elec-
trode diameter was 150 μm (60 μm trace width). 
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Pure PEDOT:PSS electrodes have been previously described for in-vitro applications to record cardiac 
and neural signals and in-vivo neuromodulation. A flexible all-polymer microelectrode array reported 
impedance magnitude value (1.5 MΩ) at 1 kHz for 120-μm electrodes substantially higher than the 
ones reported here 150. The higher impedance magnitude was caused by the deposition method of PE-
DOT:PSS in a polymeric channel, which led to surface coating only and not to the complete filling of the 
channel, thus reducing the electrode surface area. A second device exploring inkjet-printed PEDOT:PSS 
reported an impedance magnitude value (19.5 kΩ) at 1 kHz for an electrode area corresponding ap-
proximately to the area of a round electrode with a diameter of 300 μm comparable to the TNP 151. In a 
third report, PEDOT:PSS/glycerol electrodes showed an average impedance magnitude at 1 kHz of 6.3 
kΩ for an electrode area of 0.5 mm2 (corresponding to the area of a round electrode with a diameter of 
800 μm) which is similar to the TNP 152. 

Last, cytotoxicity tests performed in-vitro showed a cell viability of 96.9 ± 7.2% (mean ± s.d., 2 probes, 
6 replicas per probe) and opened the way for the in vivo validation of the devices (Figure 2.5). 

 

Figure 2.5 Cytotoxicity in-vitro. (a) Representative optical images for each condition tested: positive control (left), negative control (mid-
dle) and TNP (right). (b) Quantification of the mean (±s.d.) cells viability in the three conditions tested. Positive control 0 ± 1.8% (9 replicas); 
negative control 100 ± 6.8% (9 replicas); all-polymeric TNPs 96.9 ± 7.2% (2 probes, 6 replicas per probe). One-way ANOVA: F = 853.4 and p < 
0.0001. Tukey's multiple comparisons test: positive control vs. negative control p < 0.0001; positive control vs. neural probes p < 0.0001; 
negative control vs. neural probes p = 0.4852. 

2.2.2 Functional validation in vivo 

To assess the capability of all-polymeric TNPs in recording neural activity, we performed in-vivo acute 
brain recordings in mice upon induction of epileptic seizures. All-polymeric TNPs were implanted in 
the visual cortex area of anaesthetised mice (Figure 2.6a), and the neural activity was recorded both 
before and after intraperitoneal injection of the convulsant PTZ, which is routinely used to test anti-
convulsants in animals 153–155. The transition between resting state and epileptic activity after PTZ in-
jection was clearly detected by the TNPs with an excellent signal to noise ratio (Figure 2.6b), thus 
demonstrating the potential of these all-polymeric TNPs for monitoring epileptic activity. 
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Figure 2.6 Acute recordings with all-polymeric transient neural probes. (a) Sketch of the TNP implanted in a mouse brain for in vivo 
recordings. (b) Detection of epileptic activity after injection of PTZ (black arrow) from the four electrodes of an all-polymeric TNP. The red 
and blue boxes show an enlargement of the recorded activity.  

Next, we performed chronic in vivo recordings of baseline activity, LFPs at rest and visually evoked 
potentials (VEPs) to assess the longevity of the device. All-polymeric TNPs were implanted in the visu-
al cortex area of mice, and their functionality was evaluated through periodic recordings up to 3 
months post-implantation (Figure 2.7). The broad-band noise of recordings was computed from base-
line recordings (2.5 min, bandpass filter 0.1–2000 Hz and sampling frequency 8192 Hz). The noise plot 
(Figure 2.7a) shows the evolution of the noise level for each working electrode over time (filled cir-
cles). Once an electrode was found not properly functional (empty circles), it was excluded from fur-
ther analysis. The applied criteria of exclusion were the following: i) appearance of periodic artefacts 
not linked to any biological function (red arrow in Figure 2.7a); ii) noise level higher than the average 
plus twice the standard deviation of the noise at each time point; iii) lack of VEPs. The number of ex-
cluded electrodes progressively increased over time (Figure 2.7b), with 3 out of 16 electrodes still 
properly functional after three months. LFPs (2.5 min, bandpass filter 0.1–100 Hz and sampling fre-
quency 819.2 Hz) are not strongly affected by broad-band noise because of the low pass filter at 100 
Hz. On the other hand, LFPs are characterised by a strong delta rhythm (0.5–4 Hz) due to the animal 
anaesthesia (Figure 2.7c). Early after implantation, electrodes showed a narrow power spectral densi-
ty (PSD) in the range of delta rhythm (black traces in Fig. 4c and black lines in Figure 2.7d). Over time, 
because of the electrode deterioration, the normalised PSD shows activity at higher frequency in elec-
trodes that were previously considered not properly functional because of high broad-band noise 
(grey line in Figure 2.7d). Conversely, electrodes still considered functional showed a narrow PSD 
(red line in Figure 2.7d). As a consequence, the relative power of the delta band decreases with the 
deterioration of the electrodes (Figure 2.7e). For each electrode, early after implantation, a low noise 
correlates with a high relative power of the delta band. However, at the exclusion point, there is a re-
duction of the relative delta power which is globally proportional to the increase of noise (linear re-
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gression: slope = −1.369, R square = 0.527). Overall, all-polymeric TNPs retain good in-vivo recording 
capabilities for months after implantation, even if they progressively lose functionality and only a few 
electrodes are still properly functional after three months. 

 

Figure 2.7 Long-term functioning in-vivo. (a) Noise evaluation as a function of time during in-vivo chronic recordings at fixed time points. 
Different colours correspond to different mice; filled circles correspond to the electrodes considered functional and thus included in the 
calculation of the average (±s.d.) noise values (black circles and dashed line), while empty circles correspond to the electrodes considered 
not correctly working and thus excluded from the calculation of the average noise. The two insets show single baseline recordings (left) and 
VEPs (right) from all the four electrodes of the TNP implanted in mouse 3 at week 1 and week 6 post-implantation; the red dashed line indi-
cates the light stimulus for VEPs (10 cd s m−2). The traces in grey are from electrodes considered not functional. The red arrows show period-
ic artefacts not linked to any biological function. (b) Plot of the percentage of working electrodes as a function of time during in-vivo chronic 
experiments. (c) Representative example of LFPs recorded from all the electrodes of the TNP implanted in mouse 3 at week 1 and week 6 
post-implantation. The traces in grey are from electrodes considered not functional. (d) Representative examples of normalised power spec-
tral densities obtained from the recordings from two electrodes (numbers 2 and 3) of the probe implanted in mouse 3 at week 1 (black 
traces) and week 6 (black, grey and red) after implantation. The trace in grey is from the electrode considered not functional, while the trace 
in red is from the electrode considered still functional. (e) Correlation between the relative power of the delta band and the noise of the 
electrodes immediately after implantation (16 electrodes, black circles) or at the time point of exclusion (13 electrodes, empty circles). The 
black line is the linear regression, while the grey lines the 95% confidence interval. 

At this stage, the cause of electrode deterioration is not easy to determine. So far, only a few studies 
have investigated the chronic performances of PEDOT:PSS in-vivo 156–159, and the results indicated a 
reduction in performance after a few months of implantation. Many factors could contribute to the 
deterioration of PEDOT:PSS in-vivo, related to both materials properties and interaction with the bio-
logical environment. A commonly reported problem is the adhesion of PEDOT:PSS to the substrate160. 
The weak adhesion between PEDOT:PSS and polyesters161, like PCL, plays a crucial role since PE-
DOT:PSS might be subjected to water-induced swelling and delamination during the degradation of 
the PCL scaffold. PEDOT has also been reported to undergo degradation by hydrolysis when exposed 
to salt aqueous solutions162 or by high concentration of hydrogen peroxide, which is a physiological 
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oxidant163,164. Macrophages cultured with PEDOT:PSS generated a significant amount of hydrogen per-
oxide, that is a significant factor involved in cellular phagocytosis165. PEDOT:PSS could possibly be de-
graded by the combination of hydrolysis and presence of hydrogen peroxide following device implan-
tation160. 

2.2.3 Evaluation of the foreign body reaction 

To investigate the acute phase of the foreign body reaction induced by TNPs, we performed a histolog-
ical paired comparison between all-polymeric TNPs and polyimide (PI) implants, surgically placed in 
the two hemispheres of the brain of the same mice (Figure 2.8a). The PI implants were chosen as a 
reference for non-degradable flexible implants. Also, the implants have been manufactured with simi-
lar dimensions to be more comparable (TNP: ~130 μm thick and 1.3 mm wide; PI: 125 μm thick and 
0.7 mm wide). Evaluations have been made at 1- and 2-months post-implantation, 6 mice for the first 
time point and 5 mice for the second. 

 

Figure 2.8 Foreign body reaction induced by all-polymeric transient neural probes. (a) Sketch of the TNP and PI probe implanted in 
both visual cortices of a mouse. For each probe, four slices were taken at four depths into the cortical layers. (b,c) Example of GFAP (in red) 
and CD68 (in cyan) expression in horizontal slices (four depths into the cortical layers indicated by the numbers) obtained from the hemi-
sphere implanted with the TNP (b) and with the PI probe (c) 1-month post-implantation. (d,e) Quantification of the area occupied by GFAP 
signal (d) and CD68 signal (e) at 1-month and 2-month post-implantation for TNPs and PI probes. Results from all the images at each depth 
were averaged together: 3 images per depth. (f,g) Quantification of the normalised area occupied by the CD68 signal above (PEDOT:PSS:EG 
side) and below (PCL-only side) TNPs at the level of the electrode at 1-month (f) and 2-month (g) post-implantation.  

For each mouse, horizontal brain slices were sampled at different cortical depths (Figure 2.8a from 1 
to 4) and analysed after image segmentation (Figure 2.9). Images were rotated to align the probe hor-
izontally (Figure 2.9a) and converted to binary using a local threshold algorithm: all pixels which in-
tensity was above the threshold were assigned the value of 1, while to the rest of the pixels were as-
signed the value of 0 (Figure 2.9b). A group of adjacent pixels with value 1 was defined as a blob, and 
the area of each blob was calculated, along with the coordinates of its centroid. The image was divided 
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into 10 × 10 quadrants (Figure 2.9c), for each of which the total area of blobs (with their centroid in-
cluded in that quadrant) was computed. Then, the total area occupied by blobs in the zone adjacent to 
the probe (Figure 2.9d) was calculated as the cumulative area of all the quadrants included in a rec-
tangle defined by the extremities of the probe (manually specified for each of the images), minus the 
area of the probe itself.  

 

Figure 2.9 Image segmentation. (a) Representative image from a horizontal section of the mice brain implanted with an all-polymeric TNP 
and stained against CD68. (b) Binary image obtained using a local threshold algorithm on the image in (a). To the pixels whose intensity is 
above the threshold it is assigned the value 1 (yellow), while to the other pixels it is assigned the value 0 (background). (c) The image in (b) is 
divided into 10 × 10 quadrants, and the total area of the blobs (formed by adjacent pixels with value 1) is computed for each quadrant. (d) 
The proximal area (area of the zone adjacent to the probe) is defined as the cumulative area of all the quadrants that are included in a rectan-
gle defined by the extremities of the probe minus the area of the probe itself. 

The percentage of the area occupied by blobs was computed as the area occupied by blobs over the 
proximal area. The average percentage of the proximal area occupied by the blobs for each sample was 
used as a parameter to compare the experimental groups. Three images for each depth were averaged. 
The staining for the GFAP (Figure 2.8b,c) and the corresponding quantification analysis (Figure 2.8d) 
performed on segmented images showed that the area occupied by the GFAP signal in the zone adja-
cent to the probe exhibits a decreasing trend over time for all-polymeric TNPs (p = 0.0178, two-tailed 
unpaired t-test) and a stable trend for PI probes (p = 0.6924, two-tailed unpaired t-test). Also, the 
staining for CD68 (Figure 2.8b,c), a marker of phagocytic structures in microglia166, and the corre-
sponding quantification analysis (Figure 2.8e) showed that the area occupied by the CD68 signal ex-
hibits a slightly increasing trend over time for all-polymeric TNPs (p = 0.2897, two-tailed unpaired t-
test), while it remains stable for PI probes (p = 0.5905, two-tailed unpaired t-test). 

Histological samples of brains implanted with TNPs showed a clustering of the CD68 signal at the level 
of the electrode (slice 4 in Figure 2.8b,c), the only point where the PEDOT:PSS:EG is exposed to the 
tissue. Following this observation, we performed a second analysis where the segmented images were 
divided into two parts: the side of the probe with the PEDOT:PSS:EG exposed and the side of the probe 
with only the PCL exposed (Figure 2.10). For each side, the cumulative area occupied by blobs was calcu-
lated along the horizontal axis and normalised by the global maximum. The probes were always im-
planted with the PEDOT:PSS:EG layer exposed to the caudal part of the brain to discriminate the two 
sides during image analysis. The analysis confirmed that the CD68 signal is highly clustered on the side 
of the PEDOT:PSS:EG electrodes at both time points (Figure 2.8f,g), suggesting an interaction between 
microglia and PEDOT:PSS:EG. 
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Figure 2.10 Differential image segmentation above and below the probe. (a) Representative image from a horizontal section at the 
electrode level of the mice brain implanted with an all-polymeric TNP and stained against CD68. (b) Binary image obtained using a local 
threshold algorithm on the image in (a). To the pixels whose intensity is above the threshold it is assigned the value 1 (yellow), while to the 
other pixels it is assigned the value 0 (background). (c) The image in (b) is divided into 10 × 10 quadrants, and the total area of the blobs 
(formed by adjacent pixels with value 1) is computed for each quadrant. (d) The image is divided into two parts: the side of the probe with 
PEDOT:PSS:EG exposed (yellow) and the side of the probe with only the PCL exposed (blue). 

Next, we quantified the spatial extent of the GFAP and CD68 signals around the TNP at each cortical 
depth. Each image (one per depth) was rotated to align the probe vertically (Figure 2.11a). Two re-
gions of interest, one on the left and one on the right of the probe, were manually defined as rectangles 
perpendicular to the probe, spanning from the edge of the probe to the border of the image (Figure 
2.11b). For each of them, the average intensity along the horizontal axis was computed, starting from 
the edge of the probe to the border of the image. The average vector of intensities was normalised by 
dividing each point by the maximum value among the two regions of interest and a normalised intensi-
ty plot was generated (Figure 2.11c). For each cortical depth, normalised intensity plots from all mice 
were averaged (6 mice at 1-month post-implantation and 5 mice at 2-months post-implantation) to 
determine the spatial profile. The spatial profiles of both GFAP (Figure 2.11d,e) and CD68 (Figure 
2.11f,g) resulted uniform along the vertical axis of the probe (cortical depths) at both 1- and 2-months 
post-implantation (Figure 2.11d,f and Figure 2.11e,g respectively). In order to quantify the extent of 
the GFAP and CD68 signals, we measured the distance from the probe at which the average profile 
among the 4 depths (black lines in Figure 2.11d–g) is reduced by 50% (red dots in Figure 2.116d–g). 
The quantification (Figure 2.11h) revealed that the GFAP signal is wider 1-month post-implantation 
(116.82 and 206.16 μm respectively for the left and the right side of the probe) and it is reduced 2-
months post-implantation (96.55 and 95.18 μm respectively for the left and the right side of the 
probe), although the reduction is not significant (p = 0.3333, two-tailed Mann-Whitney test). This re-
sult is in agreement with the previous analysis (Figure 2.8d). The CD68 signal is restricted to a small 
area around the probe (1-month: 85.56 and 62.88 μm; 2-months: 75.60 and 78.00 μm; respectively for 
the left and the right side of the probe), and it does not change from 1- to 2-months post-implantation 
(Figure 2.11h; p > 0.9999, two-tailed Mann-Whitney test), in agreement with the previous analysis 
(Figure 2.8e). 
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Figure 2.11 Spatial extent of the foreign body reaction. (a) Example of CD68 expression in a horizontal slice obtained from the hemi-
sphere implanted with the TNP at 1-month post-implantation. (b) Definition of the two regions of interest on the left and on the right of the 
TNP. (c) Average vectors of normalised intensities (top) and normalised intensity plots (bottom). (d,e) Normalised intensity plots for GFAP 
signal 1-month (d) and 2-months (e) post-implantation. The grey lines correspond to the four cortical depths and the black line is the aver-
age. The red dot corresponds to a 50% decrease in the intensity. (f,g) Normalised intensity plots for CD68 signal 1-month (f) and 2-months 
(g) post-implantation. The grey lines correspond to the four cortical depths and the black line is the average. The red dot corresponds to a 
50% decrease in the intensity. (h) Quantification of the distance from the TNP at which the intensity plot shows a 50% decrease. (i) Example 
of NeuN expression in a horizontal slice obtained from the hemisphere implanted with the TNP at 1-month post-implantation. (j) Quantifica-
tion of the area occupied by NeuN signal at 1-month and 2-months post-implantation of the TNPs compared to a control (Ctrl) area located 
far from the TNPs. Each data point corresponds to one cortical depth, average of 3 images per depth.  

We also quantified the area occupied by NeuN signal (a marker for neuronal cells) around the TNP at 
the four cortical depths (Figure 2.11i) compared to a control area located far from the TNP. The quan-
tification analysis (average of three sections per cortical depth), performed on one mouse per time 
point (1- and 2-months post-implantation), showed that the area occupied by the NeuN signal is not 
statistically different between the two areas (Figure 2.11i; 1-month: p = 0.3750, Wilcoxon matched-
pairs signed rank test; 2-months: p = 0.6250, Wilcoxon matched-pairs signed rank test). 

The clustering of the CD68 signal we observed at the level of the PEDOT:PSS:EG electrode (Figure 
2.8f,g) encouraged us to further investigate the interaction between phagocytic microglial cells and 
PEDOT:PSS:EG. To this end, we fabricated TNPs with a PCL substrate coated with PEDOT:PSS:EG la-
belled with the fluorescent marker FITC 167 and implanted them into the cortex of mice expressing 
tdTomato in microglia (Figure 2.12a). In this experiment, all-polymeric TNPs were not encapsulated 
to enhance interaction between microglial cells and PEDOT:PSS:EG. High-resolution imaging on clari-
fied brains 1-month (Figure 2.12b) and 2-months (Figure 2.12c) post-implantation showed colocali-
zation of PEDOT:PSS:EG (in green) and microglial cells (in red). This evidence suggests that the pres-
ence of PEDOT:PSS:EG detached from the PCL substrate stimulates phagocytic activity of microglial 
cells, and that microglia are participating in the clearance of PEDOT:PSS:EG from the implantation site. 
Horizontal brain sections at 1-month post-implantation also revealed microglial cells (in red) localiz-
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ing in the region where PEDOT:PSS:EG (in green) is delaminated or directly in contact with the brain 
(Figure 2.12d). These cells are CD68 positive (in white), the presence of intracellular phagocytic 
structures. Based on the results discussed above, we hypothesise that implanted TNPs lead to the for-
mation of a less tight glial scar compared to PI probes. As a consequence, microglia have the space 
needed to access the probe and phagocyte the delaminated PEDOT:PSS:EG flakes. 

 

Figure 2.12 Integration with microglia. (a) 3D mesoSPIM image of a clarified brain sample with fluorescent microglia (red) implanted with 
a TNP with FITC-labelled PEDOT:PSS at 1-month post-implantation. (b,c), COLM images of the probe surface, showing fluorescent PE-
DOT:PSS (in green) and microglia (in red) colocalization 1-month (b) and 2-months (c) post-implantation. Microglia engulf PEDOT:PSS:EG 
particles which are detaching from the probe (white arrows). (d) Horizontal brain section of mouse brain with fluorescent microglia (in red) 
implanted with a fluorescent TNP (without encapsulation) at 1-month post-implantation. (e,k), Various magnifications of the section in (d) 
(corresponding letters) showing phagocytic microglia engulfing PEDOT:PSS:EG (in green). CD68 (in white) is a specific marker for microglial 
phagocytic structures.  

2.2.4 Probe degradation 

One of the most exciting features of transient medical devices is their natural ability to disappear in 
the body, which in turns reduces the long-term foreign body reaction. PCL bulk degradation occurs 
slowly with a time scale spanning several months or years 35, thus making an in-vivo assessment in 
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animals extremely challenging. In order to investigate the degradation process of all-polymeric TNPs, 
we performed in-vitro accelerated degradation tests, by leaving 3 TNPs immersed in PBS at 37 °C and 
pH 12 and monitoring their weight over time. Scanning electron microscope images showed the ap-
pearance of micro- and macro-cracks over time due to hydrolysis (Figure 2.13a), and all-polymeric 
TNPs undergo full degradation in about one year of time at pH 12 (Figure 2.13b). A comparison be-
tween the days to reach a weight loss of 5% at pH 12 and at pH 7.4 revealed that the test has an accel-
eration factor of about 2.5. Slow degradation is an appealing feature for TNPs, since it might allow for 
better tissue remodelling and reduced chronic trauma at the implantation site 39,40,141. To provide evi-
dence of slow degradation in-vivo of all-polymeric TNPs, we implanted them in the cortex of mice and 
subsequently performed immunofluorescence assays on horizontal brain slices at a fixed time point. 
Upon long-term implantation (9 months), the all-polymeric TNPs showed a minor chronic glial scar 
(Figure 2.13c), evaluated with staining for astrocytes against GFAP. The formation of a glial scar 
should be minimised or avoided for several reasons: it increases the distance between the recording 
surface of the electrode and neurons, eventually impairing the recording capabilities of the device 
168,169, and acts as a barrier for growth factors, ions, and signalling molecules, thus promoting neural 
apoptosis and impeding axon regeneration 170,171. In the case of TNPs, the presence of a limited glial 
scar allows tissue remodelling around the probe, and, as a consequence, neurons (labelled against 
NeuN in green) are free to relocate within the device, which serves as a support scaffold during the 
degradation (Figure 2.13d). This evidence of the probe slow degradation in-vivo is a promising sign of 
reduced chronic trauma. 

 

Figure 2.13 Degradation of all-polymeric transient neural probes. (a) Scanning electron microscopy images at several magnifications of 
one all-polymeric TNP obtained 191 days after soaking in PBS at 37 °C and pH 12. (b) Plot of the normalised probe weight versus time of 3 
TNPs during a degradation test in PBS at 37 °C and pH 12. The red line is the average of the 3 TNPs. The grey dashed line is the time point 
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(day 42) corresponding to a 5% weight loss. (c) Horizontal brain section from a mouse implanted with a TNP in the cortex. 9-months post-
implantation staining against GFAP and NeuN. (d) The same image in (c) with a bright-field overlay to highlight the area occupied by the TNP. 

2.3 Discussion 
In biomedical engineering and medicine, transient devices are a relatively new concept which has the 
potential to widen the range of possible applications of implantable medical devices. We explored this 
new concept with using fully polymer-based devices to exploit their unique characteristics and try to 
overcome some of the current limitations. So far, transient medical devices showed a short functional 
lifetime because of the fast degradation of degradable metals in contact with body fluids 134,137. 

In this work, we showed the fabrication and characterization of a polymer-based implantable device 
conceived to disappear after being functional for a few months rather than a few days. A longer device 
lifetime will allow, for instance, the development of prosthetic devices for mid-term monitoring of the 
brain activity, either before or after surgery in chronic epileptic patients. Nowadays, clinicians make 
decisions on localised surgical treatments based on intracranial electroencephalography recordings 
that are typically lasting for only 1 or 2 weeks in favour of patient compliance. On the other hand, re-
cent publications in this field revealed that intracranial electroencephalography recordings do not 
stabilize until several weeks after implantation, due to the invasiveness of the procedure and the in-
flammatory response of the tissue 172,173. Therefore, an extended chronic monitoring period, together 
with the possibility to mitigate the inflammatory reaction, would enable a more accurate representa-
tion of the spatiotemporal variability of the seizures, translating into a better diagnosis for the patient. 
Furthermore, a transient device with extended recording capability would allow for continuous moni-
toring after the surgical procedure, thus providing essential insights into the brain activity during the 
recovery period and, possibly, into the effects of the following pharmaceutical treatment. Also, the 
absence of metals in the implanted portion of the device would provide magnetic resonance imaging 
compatibility 144,174,175, allowing the pairing of the electrophysiological monitoring with structural and 
functional images, therefore obtaining a clearer picture of the brain activity during the recovery peri-
od. 

Even though only a few electrodes (approximately 20%) were still operational three months post-
implantation, we believe that there is still room for fabrication strategies that can improve the device 
lifetime, such as enhancing the adhesion between PEDOT:PSS and PCL by using additives or by oxygen 
plasma treatment. Also, even if a performance comparison with other inorganic and not-transient de-
vices is out of the scope of this study (due to the transient nature of the presented device), the electro-
chemical characterization of all-polymeric TNPs showed a stable performance within a wide range of 
frequencies, thus allowing us to perform acute and chronic in-vivo recordings in mice with excellent 
signal to noise ratio. 

Recently, not-transient implantable neural probes reached extreme miniaturisation to reduce chronic 
foreign body reaction 66,78. Miniaturisation for the TNP is limited by materials properties and fabrica-
tion methods. However, a detailed study of the foreign body reaction revealed that all-polymeric TNPs 
were responsible for a minimal glial scar around the implant. As a consequence, neurons were able to 
colonize the slowly degrading PCL layers, hence promoting tissue remodelling: such behaviour is the 
opposite to what is usually observed with permanent implants of similar sizes, where neurons are 
depleted from the implantation site 168. 

In summary, the in-vivo validation and the degradation study, together with the preliminary evidence 
of phagocytic microglia engulfing the conductive polymer, demonstrate that the combination of the 
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transient electronic approach and the usage of polymers is a new promising path to improve the de-
vice-tissue interface, extend the durability of implanted transient devices, and increase their possible 
applications. Although further research is needed to fully understand the fate of microglial cells upon 
phagocytosis of PEDOT:PSS:EG, these results can drive the conceptualization of new conductive poly-
mers with links could be degradable, for instance, by resident microglia. 

2.4 Materials and methods 

2.4.1 Fabrication of transient all-polymeric neural probe 

Two 4-inch silicon wafers (525-μm thick) were etched (AMS 200, Alcatel) to obtain the positive mould 
for the substrate layer and the negative mould for the encapsulation layer (both structures are 100-μm 
thick). Polycaprolactone (PCL, MW 50,000; 25,090, Polyscience) in powder was dissolved in chloro-
form (C2432, Sigma-Aldrich) at a concentration of 0.25 g ml−1 and was left stirring and heating at 60 
°C overnight over a hotplate. The day after, 6 ml of PCL solution were spin-coated on both silicon 
moulds (positive: 150 rpm for 30 s; negative: 200 rpm for 30 s) pre-treated with chlorotrimethylsilane 
(92,361, Sigma-Aldrich) to prevent permanent attachment of the PCL layers. The wafers were then left 
30 min in the oven at 75 °C to let the chloroform evaporate. After a cool-down period of at least 2 h, 
the PCL layer from the positive wafer was peeled off, and the design (electrodes, traces and pads) was 
filled with an aqueous solution of PEDOT:PSS:EG, which is poly(3,4-ethylenedioxythiophene)-
poly(styrenesulfonate) (PEDOT:PSS; M122 PH1000, Ossila) mixed with 20 wt% ethylene glycol (EG; 
324,558, Sigma-Aldrich), and cured overnight in an oven at 37 °C. The PCL layer from the negative 
wafer, instead, was peeled off after laser-cutting the openings for the electrodes and pads (Optec 
MM200-USP). Eventually, the two layers were manually aligned and fused together over a hotplate at 
60 °C for a few seconds. A silver-based epoxy (H27D Kit Part A, Epo-Tek) was then applied on the pads 
and connectors were positioned and immobilised with silicone (DC 734 RTV clear, Dow Corning). 
Three types of all-polymeric TNPs were fabricated with a different number of electrodes: 4 electrodes 
(500-μm in diameter; connector 143-56-801, Distrelec), 1 electrode (500-μm in diameter; no connect-
or) and 17 electrodes (700-μm in diameter; connector 61001821821, Wurth Elektronik). Samples 
with fluorescent PEDOT:PSS:EG were prepared as previously described [19]. Briefly, poly (vinyl alco-
hol) (PVA, MW 130,000; 563,900, Sigma-Aldrich) was dissolved in deionization water 5 wt%. A com-
posite solution (25 wt%) of PVA and PEDOT:PSS:EG was prepared, deposited on the PCL, and baked 
(50 °C, 10 min). (3-Glycidyloxypropyl)trimethoxylane (440,167, Sigma-Aldrich) was then deposited by 
vapour deposition at 90 °C for 45 min. Afterwards, a solution of fluorescein isothiocyanate (FITC) la-
belled poly-l-lysine (P3543, Sigma-Aldrich) in phosphate buffered saline (PBS; 50 μg ml−1) was drop-
casted on the sample and allowed to react for 2 h at room temperature. The sample was then rinsed 
with PBS (0.1 M), sodium chloride (0.1 M), and deionised water. 

2.4.2 Scanning electron microscopy 

Images were taken with a Schottky field emission scanning electrons microscope (SU5000, Hitachi) 
and image post-processing was performed with ImageJ. 

2.4.3 Electrochemistry 

Electrochemical characterization was performed with a three-electrode potentiostat (Compact Stat, 
Ivium) at room temperature. Each all-polymeric TNP was immersed in PBS (pH 7.4) together with a 
silver/silver chloride reference wire and a platinum counter wire. Impedance spectroscopy (IS) was 
measured between 1 Hz and 1 MHz using an AC voltage of 50 mV. 
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2.4.4 Resistance measures 

Line resistance was measured using a data acquisition and logging digital multimeter system 
(daq6510, Keithley). 

2.4.5 Cytotoxicity test 

A test on extract was performed on two all-polymeric TNPs (4-electrodes design) sterilised by UV ex-
posure, with a ratio of the product to extraction vehicle of 3 cm2 ml−1. The extraction vehicle was Ea-
gle's minimum essential medium (11090081, Thermo Fisher Scientific) supplemented with 10% foetal 
bovine serum (10270106, Thermo Fisher Scientific), 1% penicillin-streptomycin (15070063, Thermo 
Fisher Scientific), 2 mM L-Glutamine (25030081, Thermo Fisher Scientific) and 2.50 μg ml−1 Ampho-
tericin B (15290026, Thermo Fisher Scientific). The extraction was performed for 24 h at 37 °C and 
5% CO2. L929 cells (88102702, Sigma-Aldrich) were plated in a 96-well plate at a sub-confluent densi-
ty of 7000 cells per well in 100 μl of the same medium. L929 cells were incubated for 24 h at 37 °C and 
5% CO2. After incubation, the medium was removed from the cells and replaced with the extract (100 
μl per well). After another incubation of 24 h, 50 μl per well of XTT reagent (Cell proliferation kit 
11465015001, Sigma-Aldrich) were added and incubated for 4 h at 37 °C and 5% CO2. An aliquot of 
100 μl was then transferred from each well into the corresponding wells of a new plate, and the optical 
density was measured at 450 nm by using a plate reader (FlexStation3, MolecularDevices). Clean me-
dium alone was used as a negative control, whereas medium supplemented with 15% of dimethyl sul-
foxide (D2650-5X5ML, Sigma-Aldrich) was used as a positive control. 

2.4.6 Accelerated degradation 

All-polymeric TNPs were prepared as described above, with the 4-electrode design. After fabrication, 
samples were weighted to set the initial weight value before starting degradation. Degradation of each 
sample occurred in 10-ml PBS at 37 °C and was accelerated by pH increase: 100 μl of NaOH (2M NaOH 
Standard solution, 71,474-1L, Fluka) were added to the solution to reach pH 12. At each time point, 
samples were first gently dried with a tissue and then let dry completely under vacuum at room tem-
perature for 4 h. Once dry, samples were weighted. Normalised weight for each sample was computed 
as the ratio between the weight at each time point and the initial value. 

2.4.7 Animal handling 

All experiments were conducted according to the animal authorizations GE13416 approved by the 
Département de l'emploi, des affaires sociales et de la santé (DEAS), Direction générale de la santé of 
the Republique et Canton de Geneve in Switzerland and VD3420 approved by Service de la consomma-
tion et des Affaires vétérinaires (SCAV) of the Canton de Vaud in Switzerland. All the experiments were 
carried out during the day cycle. For the entire duration of the experiment, the health condition was 
evaluated three times a week, and the bodyweight was controlled once a week. Experiments were per-
formed in adult (>1-month-old) mice. Male and female C57BL/6J mice (Charles River) were kept in a 
12 h day/night cycle with access to food and water ad libitum. White light (300 ± 50 lux) was present 
from 7 a.m. to 7 p.m. and red light (650–720 nm, 80–100 lux) from 7 p.m. to 7 a.m. Homozygous 
B6.129P2(Cg)-Cx3cr1tm2.1(cre/ERT2)Litt/WganJ mice (Stock No: 021,160, The Jackson Laboratory) and ho-
mozygous B6.Cg-Gt(ROSA)26Sortm14(CAG-tdTomato)Hze/J mice (Stock No: 007914, The Jackson Laboratory) 
were kept in a 12 h day/night cycle with access to food and water ad libitum. White light (300 ± 50 
lux) was present from 7 a.m. to 7 p.m. and no light from 7 p.m. to 7 a.m. Homozygous B6.129P2(Cg)-
Cx3cr1tm2.1(cre/ERT2)Litt/WganJ mice and homozygous B6.Cg-Gt(ROSA)26Sortm14(CAG-tdTomato)Hze/J mice were 
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crossed to obtain heterozygous mice bearing a tamoxifen-inducible expression of the tandem dimer 
Tomato fluorescent in microglia in the brain. Mice were injected with tamoxifen dissolved in corn oil 
(75 mg kg−1) to induce the expression at postnatal day 35. Surgery was performed between 2 weeks 
and 1 month after. 

2.4.8 Surgical implantation 

Mice were anesthetised with isoflurane inhalation (induction 0.8–1.5 l min−1, 4–5%; maintenance 0.8–
1.5 l min−1, 1–2%). Analgesia was performed by subcutaneous injection of buprenorphine (0.1 mg 
kg−1), and a local subcutaneous injection of lidocaine (6 mg kg−1) and bupivacaine (2.5 mg kg−1) with a 
1:1 ratio. The depth of anaesthesia was assessed with the pedal reflex, and artificial tears were used to 
prevent the eyes from drying. The temperature was maintained at 37 °C with a heating pad during 
both surgical procedures and recording sessions. The skin of the head was shaved and cleaned with 
betadine. Mice were then placed on a stereotaxic frame, and the skin was opened to expose the skull. A 
squared craniotomy of approximately (4 × 4 mm) was opened over the visual cortex (identified by 
stereotaxic coordinates), and the dura mater was removed. UV-sterilised all-polymeric TNPs were 
inserted in the cortex using a micromanipulator (SM-15R, Narishige). The probes were always im-
planted with the PEDOT:PSS:EG layer exposed to the caudal part of the brain to clearly discriminate 
the two sides during image analysis. A reference screw electrode was implanted in the rostral side of 
the cranium. The craniotomy was closed using dental cement, and an extra layer of dental cement was 
applied to secure the probe. The mice were left to recover on a heating pad and later returned to their 
cage. 

2.4.9 Acute induction of seizure and monitoring of epileptic activity 

Immediately after surgery, mice were removed from the stereotaxic apparatus while still under gen-
eral anaesthesia, a needle electrode was placed subcutaneously in the dorsal area near the tail as 
ground, and the four channels of all-polymeric TNPs and the reference electrode were connected to 
the amplifier (BM623, Biomedica Mangoni). The signals were recorded using the WinAver software 
(Biomedica Mangoni). The recording was started (bandpass filtered 0.1–2000 Hz and sampling fre-
quency 8192 Hz) and, after a baseline period, 20 μl of pentylenetetrazol (PTZ; 50 mg ml−1, 45 mg kg−1) 
were delivered via intraperitoneal injection. 

2.4.10 Chronic recordings 

A first acute recording session was carried out immediately after the implantation to check the func-
tionality of the TNPs at the starting point of the experiment. Chronic recordings were then performed 
1- and 2-weeks post-implantation and then every 2 weeks until 12 weeks. The mice were dark-
adapted for 2 h before each chronic recording session. Mice were anaesthetised with a mixture of ket-
amine (87.5 mg kg−1) and xylazine (12.5 mg kg−1). The depth of anaesthesia was assessed with the pe-
dal reflex, and artificial tears were used to prevent the eyes from drying. The temperature was main-
tained at 37 °C with a heating pad during both surgical procedures and recording sessions. Mice were 
placed on a stereotaxic apparatus in front of a Ganzfeld flash stimulator (BM6007IL, Biomedica Man-
goni) and a needle electrode was placed subcutaneously in the dorsal area near the tail as ground. The 
four channels of all-polymeric TNPs and the reference electrode were connected to the amplifier 
(BM623, Biomedica Mangoni). The signals were recorded using the WinAver software (Biomedica 
Mangoni). First, a baseline recording was obtained for 2.5 min (bandpass filter 0.1–2000 Hz and sam-
pling frequency 8192 Hz). The recording noise was extracted from the baseline recording using a mov-
ing average window of 10 points; the mean ± s.d. was calculated for each 500 ms epoch, then the mean 
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s.d. of all the epochs was averaged to obtain the noise of the whole recording. Channels with a noise 
level higher than the average plus twice the s.d. of the noise at each time point were considered as 
non-working channels and excluded from further analysis. Local field potentials (LFPs) were then ac-
quired for 2.5 min (bandpass filter 0.1–100 Hz and sampling frequency 819.2 Hz). After the recordings, 
a high pass filter at 0.5 Hz was applied, and the periodogram was calculated using the Welch method 
(window of 4 s) on the whole recording. The area below the curve between 0.5 and 4 Hz frequencies 
(corresponding to the delta band) was approximated using the composite Simpson's rule. The power 
of the delta band was then divided by the total power (area below the periodogram) to obtain the rela-
tive power of the delta band. Last, visually evoked potentials were recorded (bandpass filter 0.1–200 
Hz and sampling frequency 2048 Hz) upon the presentation of 10 consecutive flashes (4 ms, 10 cd s 
m−2) delivered at 1 Hz of repetition rate. Data were processed and analysed using MATLAB (Math-
Works). After each session, the mice were left to recover on a heating pad and later returned to their 
cage. 

2.4.11 Euthanasia 

Animals were euthanised with an injection of pentobarbital (150 mg kg−1) under a chemical hood. The 
chest cavity was opened to expose the beating heart, and a needle was inserted in the left ventricle, 
while the right atrium was cut to allow complete bleeding. The animal was immediately perfused with 
PBS followed by a fixative solution of 4% paraformaldehyde (PFA) in PBS. At the end of the procedure, 
the head of the animal was removed, and the brain collected and placed in 4% PFA overnight for post-
fixation. 

2.4.12 Histological analysis 

Brain samples were cryoprotected in sucrose 30% and frozen in optimal cutting temperature com-
pound. 20 μm thick horizontal sections of the brain were obtained using a cryostat (Histocom, Zug, 
Switzerland) and placed on microscope slides. The sections were washed in PBS, permeabilised with 
PBS + Triton 0.1% (Sigma-Aldrich), left for 1 h at room temperature in blocking buffer (Triton 0.1% + 
5% normal goat serum), and incubated overnight at 4 °C with primary antibodies for the glial fibrillary 
acidic protein (GFAP; 1:1000; Z0334, Dako), the cluster of differentiation 68 protein (CD68; 1:400; 
MCA1957, Biorad) and neural nuclei (NeuN; 1:500; ABN90P, Millipore). The day after, the sections 
were incubated for 2 h at room temperature with secondary antibodies (1:500; Alexa Fluor 647 and 
488, Abcam), counterstained with DAPI (1:300; Sigma-Aldrich) and mounted for imaging with Fluo-
romount solution (Sigma-Aldrich). Representative images were acquired with a confocal microscope 
(LSM-880, Zeiss). For image segmentation and quantification, images were acquired using a slide 
scanner microscope (VS120, Olympus; 20× objective, pixel size 0.34 μm) and analysed in Python, using 
the scikit-image package (https://scikit-image.org/). 

2.4.13 Whole-brain imaging 

Brain clarification was performed according to a previously described procedure 176. Briefly, after 
overnight post-fixation at 4 °C in PFA 4%, the brain was immersed in hydrogel solution (Acrylamide 
40% + VA-044 initiator powder in PBS) at 4 °C for three days. The hydrogel polymerization was in-
duced by keeping the sample at 37 °C for 3 h. Then, the brain was passively clarified in 4% sodium 
dodecyl sulfate clearing solution (pH 8.5) for four weeks under gentle agitation at 37 °C. The whole 
clarified brain was transferred to Histodenz solution at pH 7.5 (Sigma-Aldrich). Brains were immersed 
in a refractive index matching solution (RIMS) containing Histodenz for at least 24 h before being im-
aged. Brains were glued to a holder and immersed in a 10 × 20 × 45 mm3 quartz cuvette filled with 

https://scikit-image.org/
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RIMS. The cuvette was then placed in a chamber filled with oil with (n = 1.45; Cargille). A custom-made 
light-sheet microscope optimised for labelled clarified tissue was used to image the implant within the 
mouse brain (COLM, clarity optimised light-sheet microscope 177). The sample was illuminated (488 
and 554 nm) by two digitally scanned light-sheets coming from opposite directions, and the emitted 
fluorescence was collected by high numerical aperture objectives (Olympus XLPLN10XSVMP, N.A 0.6) 
filtered (Brightline HC 525/50, Semrock) and imaged on a digital CMOS camera (Orca-Flash 4.0 LT, 
Hamamatsu) at a frequency ranging between 5 and 10 frames per second. A self-adaptive positioning 
of the light sheets across Z-stacks acquisition ensured an optimal image quality over up to 1 cm of tis-
sue. To acquire images of whole samples at lower resolution another custom-made light-sheet micro-
scope was used (mesoSPIM, mesoscale selective plane illumination microscopy 178). The microscope 
consists of a dual-sided excitation path using a fibre-coupled multiline laser combiner (405, 488, 561 
and 647 nm; Toptica MLE) and a detection path comprising a 42 Olympus MVX-10 zoom macroscope 
with a 1× objective (Olympus MVPLAPO), a filter wheel (Ludl 96A350), and a CMOS camera (Orca 
Flash 4.0 V3, Hamamatsu). The excitation paths also contain galvo scanners for light-sheet generation 
and reduction of shadow artefacts due to absorption of the light-sheet. In addition, the beam waist is 
scanned using electrically tuneable lenses (EL-16-40-5D-TC-L, Optotune) synchronised with the roll-
ing shutter of the CMOS camera. This axially scanned light-sheet mode leads to a uniform axial resolu-
tion across the field-of-view of 5 μm. Image acquisition was made using custom software written in 
Python. Z-stacks were acquired at 3 μm spacing with a zoom set at 2x resulting in an in-plane pixel size 
of 7.8 μm (2048 × 2048 pixels). The excitation wavelength was set at 561 nm with an emission 530/40 
nm bandpass filter (BrightLine HC, AHF). 

2.4.14 Statistical analysis and graphical representation 

Statistical analysis and graphical representation were performed with Prism 8 (Graph Pad). The nor-
mality test (D'Agostino & Pearson omnibus normality test) was performed in each dataset to justify 
the use of a parametric or non-parametric test. The box plots always extend from the 25th to 75th per-
centiles. The line in the middle of the box is plotted at the median. The + is the mean. The whiskers go 
down to the smallest value and up to the largest. In each figure p-values were represented as: *p < 
0.05, **p < 0.01, ***p < 0.001, and ****p < 0.0001. 
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Chapter 3 Transient neurovascular interface 
for minimally invasive neural recording and 
stimulation 
 

The goal addressed in this chapter is the adaptation of the previously presented device to an endovas-
cular delivery and its testing in application-like conditions. 

 

This chapter is adapted from the following article: 
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3.1 Introduction 
Neurotechnology for neural recording and stimulation opened the door to a deeper understanding of 
the brain and, at the same time, led to the development of treatments for heavily impairing conditions 
following traumatic injuries, neurodegenerative diseases, or mental disorders.179 Although the poten-
tial impact of neurotechnology is enormous, its clinical use nowadays is still limited. Many devices 
require invasive surgery, with related high risks that not always overcome the benefits for the pa-
tients. A big step in this direction has been the development of neurovascular interfaces which interact 
with the neural tissue from within blood vessels. Endovascular procedures are considerably less inva-
sive, are routinely performed and allow for short recovery time.180 Moreover, neurovascular interfaces 
do not require craniotomies, reducing the risks associated with the surgical procedure (e.g., suscepti-
bility to seizures). These advantages could increase the chance of patients accepting the treatment. 

Neurovascular interfaces developed so far are wires or catheters used as electrodes. Even though 
these solutions opened the doors to endovascular neural recording and stimulation, their main limita-
tions were the short-term application and the low spatial resolution. The introduction of stent-
electrode arrays (e.g., Stentrode) overcame these issues180, and the advantages of this technology have 
been recently demonstrated in preclinical and clinical trials for brain-computer-interface93,117,121,122. 
Also, seventeen potential medical targets have been identified where intravascular neuromodulation 
could replace invasive deep brain stimulation protocols123. By accessing the internal cerebral vein or 
the anterior communicating artery, it would be possible to perform minimally invasive neuromodula-
tion for a wide range of neurological disorders such as Parkinson's, Alzheimer's, essential tremor, de-
pression, and obsessive-compulsive disorders123. Furthermore, neurovascular interfaces could be as 
well applied to the peripheral system for pain relief, motor deficits, bladder control, and stimulation of 
muscles, among others. However, the main drawback of stent-electrode arrays is the metallic scaffold. 
A conductive substrate for electrodes makes insulation critical and shortcuts frequent93. Also, metallic 
stents could induce a strong inflammatory response, that could reduce the performances of a neural 
interface181–184. For conventional stent technology, this limitation already led to the development of 
bioresorbable devices, allowing for a better interaction with the tissue and placement in mechanically 
solicited areas185. 

These limitations motivated us to develop a transient stent-electrode array based on polymeric mate-
rials and built via microfabrication techniques. Reducing the inflammatory response by using a thin 
and soft scaffold will better preserve the neural interface, providing extended durability and better 
signal quality182,186–189. Moreover, whereas in the case of device failure it would not be easy to replace a 
metallic stent-electrode array, if not impossible at all, a transient device will leave the possibility for 
replacement, even if complications occur in the mid- or long-term period. Transient bioelectronics 
already introduced degradable materials in neurotechnology190. Unfortunately, these devices have a 
short durability, from days to a few weeks, due to the fast degradation rate of the dissolvable metals 
used for the conductive elements. This limited lifetime prevents their use for mid- and long-term ap-
plications38,137. Our strategy to overcome this problem is a fully polymeric neural interface, using a 
slowly biodegradable polymer as a scaffold and a conductive polymer as the active component. 

In summary, in this work, we introduce a fully polymeric transient neurovascular interface combining 
the advantages of transient bioelectronics and stent technology in a single device. 
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3.2 Results and discussion 

3.2.1 Manufacturing of the device 

The transient neurovascular interface is a stent-inspired device, whose scaffold consists of poly-ε-
caprolactone (PCL): a synthetic polyester approved by the US Food and Drug Administration for sev-
eral medical applications, such as drug delivery systems, tissue engineering and medical devices35. PCL 
has a long degradation time, from several months to a few years, allowing it to be an insulating and 
stable scaffold for mid- and long-term applications35. Conductive elements are made out of poly(3,4-
ethylenedioxythiophene):polystyrene sulfonate (PEDOT:PSS), a conductive biocompatible polymer 
commonly used in organic photovoltaic cells, and often used as a coating for metallic electrodes in 
neural interfaces191–193. A feature of this device is the absence of metals in electrodes and feedlines, 
making the device fully polymeric in all components. PEDOT:PSS is here doped with ethylene glycol 
(EG) for better conductivity, and (3-glycidyloxypropyl)trimethoxysilane (GOPS) for better endurance 
in aqueous environment193,194. 

Fabrication of the device using replica moulding proved to be facile. Two moulds have been manufac-
tured in SU8 (35-µm thick): one with the engraved pattern of the feedlines (mould for encapsulation in 
Figure 3.1a) and the other with the protruding pattern of the electrodes, feedlines, and pads (mould 
for substrate in Figure 3.1a). After covering the two moulds with a PSS release layer (Figure 3.1a, 
step 1), the PCL solution has been spin-coated on both (Figure 3.1a, step 2). After releasing the sub-
strate layer, the PEDOT:PSS-based solution has been dispensed along the engraved pattern for elec-
trodes, feedlines, and pads (Figure 3.1a, step 3). For each electrode unit (electrode, feedline, and pad), 
≈2 µL of solution would completely fill the pattern. This amount would correspond to a film thickness 
of ≈1–2 µm, decreasing from the channel wall to the centre (Figure 3.1b). After cross-linking of the 
conductive polymer, thin stainless-steel wires (114 µm diameter) have been attached to the pads using 
a conductive paste (Figure 3.1a, step 4). The openings for the electrodes have been laser cut in the 
encapsulation layer (Figure 3.1a, step 3) and the film has been released (Figure 3.1a, step 4). After 
alignment of the two layers (Figure 3.1a, step 5), heating at 60 °C allowed their quick fusion and fixed 
the wires contacts in between (Figure 3.1a, step 6). Finally, the device outline and its characteristic 
diamond-like holes have been laser cut to allow for easier bending, reduce the amount of material im-
planted and maintain open sites for molecules exchange from and to the blood flow. 
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Figure 3.1 Fabrication of a transient endovascular neural interface. a) Sketch of the fabrication process. b) Scanning electron micro-
scope image showing the cross-section of a feedline filled with the conductive polymer before encapsulation. The conductive polymer layer is 
indicated in the magnification by the black arrows. c) Picture of the transient neurovascular interface after fabrication. d) Scanning electron 
microscope images at different magnifications of the device side view after laser cut. 

The device contains four electrodes, with a diameter of 600 µm and a geometrical surface area (GSA) 
of 0.0019 mm2 (500 µm opening, not considering superficial roughness). Feedlines are 200 µm wide. 
The electrodes cover an area of ≈7.6 × 3.6 mm2 (Figure 3.1c). The total length of the device is 44 mm, 
and its largest width is 7.6 mm. A V-shaped area at the tip is used to smoothen the insertion of the de-
vice into the catheter. The total thickness is ≈77 µm, limited by the high viscosity of the PCL-based 
solution and the depth of the engraved pattern necessary to deposit the PEDOT:PSS-based solution 
smoothly. 

PCL has been recently considered in vascular applications, including grafts and stents. The former 
usually fabricated via electrospinning, and the latter by printing. Hemocompatibility is affected by the 
fabrication process since surface roughness strongly correlates to cell adhesion and platelet activation 
processes195. Smooth PCL, compared to electrospun mats, showed better interaction with blood196. 
Also, PCL-based stents fabricated via 3D printing demonstrated good hemocompatibility197. For this 
neurovascular interface, the fabrication via spin-coating resulted in a surface qualitatively similar to 
casted mats or 3D printed devices rather than electrospun mats (Figure 3.1d). However, laser cutting 
might introduce localized roughness at the edges. Hemocompatibility of polymeric stents made out by 
laser cutting have been already investigated, showing that, although activation of the coagulation cas-
cade occurred, it was within a safe range of values198. Nevertheless, the hemocompatibility of this de-
vice remains to be evaluated in a future study. 

3.2.2 Electrochemical characterization in static condition 

Impedance spectroscopy (Figure 3.2a) performed in phosphate buffered solution (PBS) after fabrica-
tion revealed a predominantly resistive behaviour of the electrodes, given by the flatness of the magni-
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tude plot (Figure 3.2a, black) and the phase angle approaching 0° (Figure 3.2a, blue) over a wide 
range of frequencies (101–105 Hz)199. The average (± s.d.) cut-off frequency, corresponding to a phase 
angle of -45°, was 2.22 ± 1.11 Hz (n = 20 electrodes from N = 5 devices; Figure 3.2b) and relevant fre-
quencies in neural recording (1–300 Hz for local field potentials and 300–3000 Hz for extracellular 
spikes) are above it200. At the reference frequency for neural spikes recording (1 kHz), the average 
(±s.d.) impedance magnitude was 5.50 ± 3.00 kΩ, and the average (±s.d.) impedance phase angle was -
0.84 ± 0.55° (n = 20 electrodes from N = 5 devices; Figure 3.2c,d). Cyclic voltammetry (Figure 3.2e), 
performed at a scan rate of 50 mV s−1 from -0.9 to 0.8 V, indicated a prevalent double-layer capacitance 
and its integral resulted in a mean total charge storage capacity (CSC) of 42.02 ± 26.89 mC cm−2 (n = 20 
electrodes from N = 5 devices; Figure 3.2f). 

 

 

Figure 3.2 Electrochemical characterization. a) Average (±s.d.) impedance magnitude (black, left axis) and impedance phase angle (blue, 
right axis) plots. Solid lines are the averages (n = 20 electrodes from N = 5 devices) and shaded areas are the standard deviations. b) Quanti-
fication of the cut-off frequency, c) the impedance magnitude at 1 kHz and d) the impedance phase angle at 1 kHz. Different colours corre-
spond to electrodes from different devices. e) Average (±s.d.) cyclic voltammetry plot. The solid line is the average (n = 20 electrodes from N 
= 5 devices) and the shaded area is the standard deviation. f) Quantification of the CSC. Different colours correspond to electrodes from 
different devices. g,h) Representative VTs at g) different current amplitudes and h) pulse widths. i) Box plots of the maximum injectable 
currents (left axis) and CIC (right axis). Different colours correspond to electrodes from different devices. 

 

It is to be noted that PBS and blood have similar conductivity (respectively 1.6 and 0.7 S m−1) and vis-
cosity (respectively 1 and 4 cP)123,201–204. Nevertheless, impedance spectroscopy (Figure 3.3a) and cy-
clic voltammetry (Figure 3.3e) performed in PBS have been compared to measures performed in ani-
mal blood, to rule out any effect of the medium (n = 4 electrodes from N = 1 device). The cut-off fre-
quency (p = 0. 0.125, Wilcoxon matched-pairs signed rank test; Figure 3.3b), the impedance magni-
tude at 1 kHz (p = 0.125, Wilcoxon matched-pairs signed rank test; Figure 3.3c), the impedance phase 
angle at 1 kHz (p = 0.125, Wilcoxon matched-pairs signed rank test; Figure 3.3d) and the CSC (p = 0. 
0.125, Wilcoxon matched-pairs signed rank test; Figure 3.3f) were not statistically different. However, 
the cyclic voltammetry plot showed a high anodic peak above 0.5 V, which might be related to Fe2+ 
oxidation to Fe3+ or other interactions with biological molecules (i.e., ascorbic and uric acid, cysteine, 
or melatonin)205,206. 
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Figure 3.3 Comparison between EIS in PBS and in blood. (a) Impedance magnitude (black, left axis) and impedance phase angle (blue, 
right axis) plots in PBS (solid lines) and animal blood (dashed lines) (n = 4 electrodes from N = 1 device). (b,c,d) Quantification of the cut-off 
frequency (b), the impedance magnitude at 1 kHz (c) and the impedance phase angle at 1 kHz (d) in PBS (P) and animal blood (B). (e) Cyclic 
voltammetry plot in PBS (solid lines) and animal blood dashed lines) (n = 4 electrodes from N = 1 device). (f) Quantification of the CSC in PBS 
(P) and animal blood (B). 

 

To further characterize the device for neural stimulation, voltage transients (VTs) have been investi-
gated, and the charge injection capacity (CIC) has been computed. Each electrode of 4 devices has been 
stimulated with low-current pulses repeated at 150 Hz until stabilization of the interface polarization 
was reached. Afterward, the CIC was tested: the injected current has been increased until the most 
negative (Emc) or the most positive (Ema) maximum polarization exceeded the water window of oxida-
tion and reduction potentials (-0.9 or 0.8 V). All pulses were cathodic first, asymmetric (1:5 cathodic to 
anodic ratio), charge-balanced with a 50 µs interphase period. VTs showed a rectangular shape with a 
significant ohmic drop related to the mostly resistive behaviour of the electrodes, visible as well from 
impedance spectroscopy. This VT waveform is maintained for different injected currents within the 
maximum limit (Figure 3.2g) and different pulse widths (Figure 3.2h). Also, the open circuit voltage 
of the electrode remained constant for stimulations with different pulse widths (from 100 to 500 µs, 
steps of 100 µs), suggesting no irreversibility in the charge injection199. The maximum injectable cur-
rent has been tested with stimuli of 100 µs duration (cathodic phase). The average (± s.d.) maximum 
injectable current (always limited by the Emc) was found to be 5.2 ± 4.8 mA (n = 15 electrodes from N = 
4 devices) and the respective CIC was 263.6 ± 247.5 mC cm−2 (Figure 3.2i). Currents used in metallic 
stent-electrode arrays fall within the range sustainable by the polymeric electrode presented in this 
article122. 

The electrochemical characterization showed the potential of the transient neurovascular interface for 
neural recording and stimulation. The low impedance over a wide frequency range is promising for 
favourable signal-to-noise ratio in recordings181. The high CSC (an index of the electrode charge trans-
fer capabilities)207 and CIC are promising for neurostimulation. It must be noted though that the CSC is 
usually an overestimation of the charge transfer potential of the electrodes: in fact when stimulating in 
vivo, at high frequencies and short pulses, only the superficial layers of the bulk PEDOT:PSS film will 
be active181.  

Next, the device has been tested for prolonged charge injection by exposing the electrodes to 4 million 
pulses delivered at 200 Hz of repetition rate. The amplitude of the cathodic pulse was set to 500 µA 
and the duration to 100 µs (50 nC per phase). VTs have been measured at several timepoints during 
the stimulation protocol: at the start and after 50k, 100k, 200k, 500k, 750k, 1M, 2.5M, and 4M stimuli 
using the electrochemistry three-electrode setup (Figure 3.4a,b). The Emc over pulses was quantified 
as a parameter for the electrode stability (Figure 3.4c). Out of the 12 electrodes tested from 3 devices, 
in 11 electrodes the Emc remained within the water window limit (Figure 3.4c, dashed line), while 1 
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electrode exceeded this value after 100k pulses. For most electrodes (10 out of 12), the Emc remained 
stable over the entire protocol of 4M pulses. Electrodes also showed no sign of damage after 4M pulses 
(Figure 3.4d). 

 

Figure 3.4 Endurance to prolonged stimulation. a) VTs during prolonged stimulation at several timepoints. Representative example from 
1 electrode. b) Magnification of the VTs in (a) after the cathodic drop for the quantification of the Emc. c) Quantification of the Emc during 
prolonged stimulation (n = 12 electrodes from N = 3 devices). Each colour highlights electrodes from the same device. d) Microscope image 
of a representative electrode after being exposed to 4M pulses. 

Last, we evaluated the insulation resistance in between feedlines to validate the absence of crosstalk 
between the electrodes. To unambiguously rule out electrode crosstalk, we fabricated fully encapsu-
lated devices (i.e., without electrode openings)208 and measured the resistance between 3 pairs of 
neighbouring electrodes, one pair of electrodes per device (Figure 3.5a). Resistance measure has been 
performed in dry condition (i.e., after fabrication) and while the device was immersed in saline solu-
tion (0.9% NaCl) at 37 °C for up to 18 days (Figure 3.5b). All the measures showed that the electrical 
resistance remained very high (>10 MΩ) despite immersion in saline solution, and comparable to the 
values measured in dry condition. PCL is a slow degrading polymer. Therefore, the electrical insulation 
of the feedlines is expected to last for several weeks. 

 

Figure 3.5 Crosstalk analysis. a) Sketch of the set-up for the measurement of the resistance between encapsulated electrodes. b) Quantifi-
cation overtime of the resistance between pairs of electrodes (n = 3 pairs from N = 3 devices). 

3.2.3 Delivery of the device 

We investigated the device compatibility with a standard stent delivery approach (Figure 3.6a). The 
shape of the device has been optimized for a smooth insertion inside the delivery catheter thanks to 
the V-shaped tip allowing for a gradual bending and adaptation of the device to the cylindrical cathe-
ter. The device could be attached to a push wire (0.36-mm diameter) and navigated inside a 5-Fr cath-
eter (1.67-mm outer diameter). During navigation inside the catheter, the device is constrained by the 
catheter. When deployed, it will tend to restore its original planar configuration with minimal defor-
mation (Figure 3.6c). This expansion promises good adherence when deployed inside a blood vessel. 
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Also, the navigation inside the catheter and the deployment did not affect the mechanical integrity of 
the device (Figure 3.6b,c). 

 

Figure 3.6 Delivery system. a) Image sequence of the deployment of the device using a 5-Fr catheter. b,c) Comparison of the device b) 
before and c) after navigation and deployment. d) Impedance magnitude (black, left axis) and impedance phase angle (blue, right axis) plots 
before (solid lines) and after (dashed lines) deployment of the device using a 5-Fr catheter (n = 4 electrodes from N = 1 device). e) Quantifica-
tion of the cut-off frequency, f) the impedance magnitude at 1 kHz and g) the impedance phase angle at 1 kHz before (B) and after (A) de-
ployment of the device using a 5-Fr catheter. h) Cyclic voltammetry plot before (solid lines) and after (dashed lines) deployment of the device 
using a 5-Fr catheter (n = 4 electrodes from N = 1 device). i) Quantification of the CSC before (B) and after (A) deployment of the device using 
a 5-Fr catheter. 

Impedance spectroscopy (Figure 3.6d) and cyclic voltammetry (Figure 3.6h) have been performed 
before and after deployment of the device using a 5-Fr catheter (n = 4 electrodes from N = 1 device). 
The cut-off frequency (p = 0.625, Wilcoxon matched-pairs signed rank test; Figure 3.6e), the imped-
ance magnitude at 1 kHz (p = 0.125, Wilcoxon matched-pairs signed rank test; Figure 3.6f), the im-
pedance phase angle at 1 kHz (p = 0.125, Wilcoxon matched-pairs signed rank test; Figure 3.6g) and 
the CSC (p = 0.250, Wilcoxon matched-pairs signed rank test; Figure 3.6i) were not statistically differ-
ent before and after deployment. 

3.2.4 Endurance of the device in dynamic condition 

Devices has been inserted in a 2-mm channel (made of polydimethylsiloxane) filled with PBS at 37 °C 
and connected to a peristaltic pump, generating a pulsatile flow inside the channel, to investigate the 
electrochemical behaviour over time in an environment modelling the vasculature (Figure 3.7a). The 
flow was set at ≈106 mL min−1 to simulate the cerebral venous flow of Yucatan pigs (108 mL min−1), 
which is the envisioned animal model for further in vivo validation of the device209. Electrodes have 
been monitored for 30 days measuring impedance spectroscopy and cyclic voltammetry (n = 12 elec-
trodes from N = 3 devices; respectively Figure 3.7b–d). The cut-off frequency could not be measured 
since the phase angle never reached -45° in the tested range of frequencies (Figure 3.7c). The change 
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in the profile of the phase angle, and the overall higher magnitude plot is not caused by the release of 
the device from the catheter, but it can be explained by the changes in the geometry of the electrolytic 
cell, owed to the interposition of the channel volume between the device and the reference and coun-
ter electrodes which are left in the bath. Instead of the cut-off frequency, the impedance magnitude at 
10 Hz (Figure 3.7e) and 1 kHz (Figure 3.7f) and the CSC (Figure 3.7g) normalized to their respective 
initial values (day 0) have been used as parameters to assess the electrode endurance. Overall, 10 out 
of 12 electrodes remained functional for 30 days, while 2 electrodes from one probe stopped function-
ing: 1 after 21 days and 1 after 30 days (blue empty circles in Figure 3.7e–g indicated by E on the y 
axis). 

 

 

Figure 3.7 Endurance of electrodes to pulsatile flow. a) Picture of the experimental set-up showing: the hot-plate set at 37 °C, the temper-
ature sensor, the beaker containing PBS and the tubes connected to the peristaltic pump and to the channel where the device is deployed. 
The magnification shows the device deployed in the 2-mm diameter channel. b) Average impedance magnitude, c) impedance phase angle, 
and d) cyclic voltammetry plots exposed for 30 days to pulsatile flow. e) Normalized impedance magnitude at 10 Hz, f) normalized imped-
ance magnitude at 1 kHz and g) normalized CSC over 30 days. In each plot, different colours correspond to electrodes from different devices. 
The two empty circles show the two not functional electrodes. E means excluded. The solid line is the average with the standard deviation. h) 
Normalized impedance magnitude at 10 Hz, i) normalized impedance magnitude at 1 kHz, and j) normalized CSC over 60 days of one of the 3 
devices (green). The solid line is the average. 

The impedance magnitude plot remained stable for 10 days (Figure 3.7b), and it started increasing 
from day 15. After 30 days, the impedance magnitude increased by 1.78 times and 1.74 times of its 
original value, respectively, at 10 Hz (Figure 3.7e) and 1 kHz (Figure 3.7f). The total CSC increased to 
1.20 times of its original value (Figure 3.7g). The reason why the impedance module increased, and, at 
the same time, the CSC increased as well is not yet clear. The increase in impedance over time might be 
attributed to two factors: a deterioration of the electrodes or a tightening of the device-wall interface. 
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On the other hand, the increase of the CSC might be explained by the swelling of PEDOT:PSS210–212. Fur-
thermore, this swelling would cause diffusion of electrolyte within the PEDOT:PSS network and its 
penetration into those areas covered by the encapsulation layer, increasing the effective GSA of the 
electrode. The electrolyte leakage is detectable at slow scanning rates (50 mV s−1) but not at high 
scanning rates since the pore resistance represents an obstacle limiting the access to the area under 
the encapsulation199. Therefore, cyclic voltammetry would be affected by this phenomenon, while im-
pedance measurements at 1 kHz and 10 Hz would not. 

For a prolonged investigation, one device has been left inside the pulsatile system for additional 30 
days: the impedance module at 10 Hz reached 1.96 times its original value (n = 4, Figure 3.7h), the 
impedance module at 1 kHz reached 1.98 times its original value (n = 4, Figure 3.7i) and the CSC de-
creased to 0.86 times its original value (n = 4, Figure 3.7j) at day 60. 

These results suggest that the device is still functional after two months, even if signs of electrodes 
damage appeared in some electrodes after two weeks. 

3.2.5 Device apposition to a cylindrical structure 

The transient neurovascular interface is designed to expose polymeric electrodes around a cylindrical 
surface (e.g., facing a vessel wall). Therefore, we deployed the device inside a 2-mm diameter channel 
built in rigid poly (methyl methacrylate) (PMMA) to evaluate the device apposition once released 
(Figure 3.8a). Apposition has been measured using micro-computed tomography (micro-CT) scans. 
Once deployed in the channel, the device will naturally try to restore its original planar shape, thus 
adhering to the wall and remaining constrained in place. The micro-CT scan has been carried out at 
10-µm resolution, and both the longitudinal (Figure 3.8b) and transversal (Figure 3.8c–e) cross-
sections of the channel have been analysed. The cross-sections showed a good device apposition 
against the channel with the lumen almost entirely maintained. Nevertheless, a few gaps between the 
device and the channel have been observed. On average (±s.d.), gaps were 98.1-µm long (± 42.4 µm, n 
= 9 for N = 3 cross-sections), sufficiently far from moderate gap values (180 µm) reported in the litera-
ture that could potentially affect the hemodynamics within the vessel213. The available lumen delimited 
by the device was on average (± s.d.) 2.57 mm2 (±0.18 mm2, n = 9 for N = 3 cross-sections). Compared 
to the original lumen of 3.14 mm2, the deployment of the device caused a lumen reduction of 18%. In 
an ideal scenario of perfect apposition, the lumen reduction would be 15% (device thickness = 77 µm). 
Both values (18% and 15%) fall far from hemodynamically significant stenosis situations occurring at 
50% lumen reduction214. It must also be noted that the release in a rigid PMMA block is a worst-case 
scenario. A more plausible behaviour of the device in situ would be investigated using mock vessels, 
with mechanical properties closer to the vasculature that would favour a better apposition. Also, even 
though the device structure is stent inspired, its primary function is not the one of stents (opening a 
clogged vessel). Therefore, the expansion at the deployment must be sufficient to put the electrodes in 
contact with the vessel walls, but it will not expand the vessel structure as a stent would do. 
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Figure 3.8 Microcomputed tomography of the delivered device. a) Picture of the transient neurovascular interface deployed inside a 2-
mm sized channel made of PMMA. b) Micro-CT image showing the longitudinal cross-section of the device deployed inside the channel. In 
bright is the contrast agent injected inside the channel. c–e) Transversal cross-sections corresponding to the yellow c, d, e, positions in (b). 
The scale bars in panels (c–e) are 500 µm. 

3.2.6 Degradation study 

Last, we tested the degradation profile of the device. An advantage of synthetic degradable polymers is 
the possibility to tailor their degradation rate. When targeting the vasculature, it is crucial to match the 
degradation rate to the endothelialisation and remodelling of the blood vessel and avoid chronic recoil 
and restenosis30. A slow degradation is an appealing feature for transient devices since it might allow 
for better tissue remodelling and reduced chronic trauma at the implantation site30,39,40,141. On the other 
hand, the PCL structure will likely last for several years before full degradation: a time that might 
largely exceeds the functionality of the PEDOT:PSS electrodes and what is needed to allow endotheli-
alisation and tissue remodelling. Therefore, we considered various blends of PCL and poly (D,L-lactic-
co-glycolic acid) (PLGA) by mixing 85:15 PLGA (lactic acid: glycolic acid) with the PCL solution. Mix-
tures with different ratios of the two compounds have been prepared (80:20 and 70:30 PCL:PLGA) and 
devices have been fabricated and tested for accelerated in vitro degradation in PBS at 37 °C and pH 12 
(Figure 3.9a,b). A fast degradation occurred for samples 80:20 and 70:30 since the beginning, while 
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the pristine PCL started degrading around day 150. The composition 70:30 degraded to half its initial 
weight around the day 120. As expected, the degradation of the other mixtures is slower: the 80:20 
composition degraded to half its initial weight around day 170 and pure PCL around day 260. The ac-
celeration factor at pH 12 is estimated to be 2.5 for PCL (compared to degradation profiles at pH 7), 
therefore the composition 70:30 is expected to lose half its initial weight after ≈10 months141. It must 
be noted that accelerated ageing only evaluated the PCL degradation by hydrolysis, but PCL is also 
subjected to enzymatic degradation. Specifically, it has been reported that in vivo PCL undergoes a 
first degradation by hydrolysis lasting ≈12 months. Then, after its molecular weight is reduced to 
≈3000, it is internalized by cells (macrophages, giant cells, and fibroblasts) and degraded by them35. 
Therefore, with accelerated tests, the degradation time might be overestimated. 

 

 

Figure 3.9 Degradation study in PBS at 37°C. a) Scanning electron microscopy images of PCL, PCL:PLGA 80:20, and PCL:PLGA 70:30 sam-
ples during degradation. b) Normalized weight of PCL (blue), PCL:PLGA 80:20 (green) and PCL:PLGA 70:30 (red) samples during degrada-
tion. Solid lines are the averages. c) Quantification of in vitro cytotoxicity (mean ± s.d.) for each condition tested: positive control, 0 ± 1.81% 
(2 samples, 3 replicas per sample); negative control, 100 ± 15% (2 samples, 3 replicas per sample); transient neurovascular interface, 87 ± 
4.14% and 89 ± 6.74% (2 devices, 3 replicas per device). One-way ANOVA: F = 108.5 and p < 0.0001. Tukey's multiple comparisons test: 
positive control versus negative control, p < 0.0001; positive control versus device 1, p < 0.0001; positive control versus device 2, p < 0.0001; 
negative control versus device 1, p = 0.2891; negative control versus device 2, p = 0.4234; device 1 versus device 2, p = 0.9943. 

According to ISO 10993–5: Biological Evaluation of Medical Devices, in vitro cytotoxicity has been 
evaluated via an extraction test on the murine fibroblastic L929 cells. Notably, in our test, the device 
did not show any sign of cytotoxicity (Figure 3.9c). 

3.3 Conclusion 
This work aimed at developing a minimally invasive transient neural interface to target the neural 
tissue from within a blood vessel. 

The device has been successfully fabricated with a simple process employing standard cleanroom 
techniques, which allows for better encapsulation and reproducibility compared to handmade fabrica-
tion of metallic stents. Nonetheless, it must be noted that it involved a manual step for the deposition 
of the PEDOT:PSS-based conductive solution, which could affect the device reproducibility. The ad-
vantage of the current PEDOT:PSS deposition system inside grooves is the low amount of conductive 
polymer needed to fill one electrode unit (≈2 µL). This solution limits substantial waste of material, for 
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example, such as during spin-coating215. Patterning PEDOT:PSS using lithography techniques either by 
lift-off or using a protective layer would be challenging since the compatibility of these processes with 
synthetic biodegradable polymers such as PCL is limited by its poor resistance to solvents or tempera-
tures higher than 50 °C216. An exciting solution could be using a printing system to automatically move 
a microinjector along the pattern to deposit the conductive polymer homogeneously. Printing of PE-
DOT:PSS-based solutions is an open research topic, and a standard protocol is not yet defined. So far, 
mostly ink-jet printing has been used for patterning PEDOT:PSS on solar cells, low-cost in vitro elec-
trophysiology systems and circuitry design on textiles151,215–218. 

While PCL undergoes slow bulk degradation by hydrolysis and enzymatic reactions, the stability or 
degradability of pure PEDOT:PSS electrodes in the body is still elusive, regardless of its extensive us-
age as a coating of metal electrodes in neuroprosthetics191–193,219,220. Only a few studies have reported so 
far chronic performances of PEDOT:PSS in vivo.156–158,192 Results showed performance drop after a few 
months of implantation. Given the high complexity of the biological environment, many different fac-
tors could contribute to the deterioration and degradation of PEDOT:PSS in vivo. A commonly report-
ed failure mechanism is related to the adhesion of PEDOT:PSS to the substrate, such as metal elec-
trodes221. Although bond strength and substrate adhesion can be enhanced using GOPS,194 in the tran-
sient neurovascular interface, the weak adhesion between PEDOT:PSS and polyesters161 is crucial since 
PEDOT:PSS might be subjected to water-induced swelling and delamination during the degradation of 
the PCL scaffold30. Moreover, PEDOT has been reported to be susceptible to hydrolysis when exposed 
to salt aqueous solutions162 and it can be degraded by high concentration of hydrogen peroxide, which 
is a physiological oxidant163,164. Another study reported that macrophages cultured with PEDOT:PSS 
generated a significant amount of hydrogen peroxide, that plays a critical role in the regulation of initi-
ation and outcome of cellular phagocytosis165. Given the physiological presence of activated macro-
phages and hydrogen peroxide during inflammation and remodelling processes following device im-
plantation, PEDOT:PSS could possibly be degraded by the combination of hydrolysis, hydrogen perox-
ide and macrophage uptake. In-depth studies about the fate of PEDOT-based polymers in vivo are re-
quired. 

The device has been successfully navigated into a standard 5-Fr catheter and deployed inside a 2-mm 
diameter channel built in a rigid PMMA block. After deployment, the device induced a lumen reduction 
of only 18%, largely below the threshold to observe hemodynamically significant stenosis (50%). 
However, the validated delivery system uses a guidewire as a support for the device. The two are at-
tached with glue to ensure effective navigation. Once the device is deployed, it would be ideal to detach 
the two elements. Possible strategies could involve using temporary glue that would dissolve after 
deployment or using coil embolization wires. The latter is a guidewire with a detachable coil at the 
end. The detachment is carried out by applying a current to the guidewire, leading to the rupture of 
the attachment point. Nevertheless, the Stentrode, built over a stent-retriever consisting of a nitinol 
stent attached to a metallic shaft, is currently being validated in a clinical trial with its shaft used as 
support for the wires and, thus, chronically implanted in the superior sagittal sinus through the trans-
verse sinus without adverse effects so far93,121. Therefore, unless detachable solutions are found, in 
vivo validation of the device with the current delivery system could still be considered. Similarly, con-
ductive wires are attached to the device. For the attachment we have used a general-purpose silver 
paste. However, electrically conductive epoxy pastes are undergoing ISO 10 993 validation with al-
ready good preliminary results. 
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Overall, these results set a good starting point for acute experimentation in vivo. Future work will also 
focus on the hemocompatibility of the device. 

3.4 Materials and methods 

3.4.1 Fabrication 

Devices were fabricated using a moulding technique. Two master moulds were fabricated: one with 
protruding pattern of pads, feedlines, and electrodes (substrate mould) and the other one with en-
graved parts in correspondence of the feedlines (encapsulation mould). The moulds were fabricated 
by SU8 GM1070 coating (1500 rpm, 35 µm) and patterning on 4-inch Si wafers, using standard photo-
lithography (MLA150, Heidelberg Instruments). After hard baking of the moulds, a release layer (PSS 
18 wt% in H2O; 561 223, Sigma Aldrich) was spin coated on both of them and baked at 145 °C for 10 
min. Then, PCL (MW 50 000; 25 090, Polyscience, Inc.) was dissolved in chloroform (C2432, Sigma 
Aldrich) at 30% w/v and spin coated at 800 rpm on both moulds. A soft bake for 30 min at 75 °C re-
moved residual stresses caused by the spin-coating of the viscous solution. Solvent evaporation fol-
lowed, leaving the wafers under a chemical hood at room temperature for 1 h. Electrode openings 
were laser cut (Optec MM200-USP) from the encapsulation layer and then both substrate and encap-
sulation layers were released by immersion in deionized water. The parameters of the laser cutter for 
the electrode openings were set as follow: speed 200 mm s−1, jump speed 300 mm s−1, laser firing rate 
100 kHz/Hz, power 45%, laser ON-delay 85 µs, laser OFF-delay 135 µs, repetitions 40 and mode Galvo. 
The patterns on the substrate layer were filled with a solution of PEDOT:PSS (M122 PH1000, Ossila) 
mixed with 20 wt% EG (324 558, Sigma Aldrich) and 1 wt% GOPS (440 167, Sigma Aldrich), before 
curing overnight in an oven at 37 °C. After washing in deionized water to remove uncross-linked PE-
DOT:PSS monomers, Teflon coated stainless steel wires (114-µm diameter; Z-790500, Science Prod-
ucts GmbH) were connected to the pads using silver paste (G3692 Acheson Silver DAG 1415, PLANO 
GmbH). The encapsulation layer was then aligned to the substrate and attached to it by quickly melting 
the two layers at 60 °C. The outline of the complete device was then laser cut. The parameters of the 
laser cutter for the outline were set as follow: speed 300 mm s−1, jump speed 300 mm s−1, laser firing 
rate 100 kHz/Hz, power 35%, laser on delay 85 µs, laser off delay 135 µs, repetitions 30 and mode 
IFOV. 

3.4.2 Electrochemistry 

Electrochemical characterization was performed in a three-electrode configuration with a large area 
platinum counter electrode and a non-current carrying reference electrode (Ag/AgCl; BASMF2056, 
Sigma). The electrolytic cell was connected to a potentiostat (Compact Stat, Ivium) and electrochemi-
cal measurements were taken at room temperature with each device immersed in PBS at pH 7.2. Im-
pedance spectroscopy was carried out between 1 and 105 Hz using a 50 mV AC voltage. Cyclic voltam-
metry curves were obtained by sweeping a cyclic potential at 50 mV s−1 scan rate between -0.9 and 0.8 
V. For each electrode, the average response over 5 cycles was calculated and the total CSC was com-
puted as the area within the curves. For tests performed in animal blood, blood samples were collected 
from euthanized C567BL6 mice using a 2-mL syringe and a 23-gauge needle, both pre-coated with 
Ethylenediaminetetraacetic acid 0.5 m at pH 8 (EDTA; E9884, Sigma). Samples were then transferred 
into a 2-mL Eppendorf tube containing 9 mg of EDTA per mL of blood. Blood was kept on a shaker at 
room temperature until use. The experiment was approved by the Département de l'emploi, des af-
faires sociales et de la santé, Direction générale de la santé of the Republique et Canton de Geneve in 
Switzerland (authorization GE/70/20). 
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3.4.3 Electrochemistry under pulsatile flow 

A 2-mm diameter channel was fabricated with polydimethylsiloxane (Sylgard 184, Dow Corning) by 
moulding. The device was inserted in the channel and connected to the tube (Nr.16 MasterFlex L/S 
PharMed) encased in the rotatory head (7518-10, Masterflex L/S Easy-Load) of a peristaltic pump 
(Ismatec). The tube and the channel were immersed in PBS (pH 7.2) inside a wide glass beaker placed 
onto a hotplate (Super-Nuova+, Thermo Scientific) whose temperature probe inside the PBS was set to 
37 °C. The pump was set at 500 rpm. Electrochemical measurements of impedance spectroscopy and 
cyclic voltammetry were performed over time with the device inside the channel, using the beaker as 
electrolytic cell with a large area platinum counter electrode and a non-current carrying reference 
electrode (Ag/AgCl; BASMF2056, Sigma) immersed during measurements. 

3.4.4 Voltage transients 

VTs were performed in the same three-electrode configuration used for electrochemistry, at room 
temperature with each device immersed in PBS at pH 7.2. The current pulses were asymmetric (1:5 
cathodic to anodic ratio), charge-balanced, cathodic first with a 500-µs interphase period. First, elec-
trodes were stabilized with low current pulses (100 or 10 µA, depending on the electrode capacity) at 
150 Hz. Stabilization occurred within 6000 pulses and was followed by stimulations at increasing cur-
rent amplitudes until the Emc or the Ema of the electrode exceeded the water window (–0.9–0.8 V). The 
Emc and Ema were defined as the voltage value measured after 10 µs from the end of the cathodic or 
anodic pulse to avoid the ohmic drop. 10 pulses were delivered for each current amplitude and the Emc 
and Ema values were the average of the repetitions. The maximum injectable current was defined as the 
maximum current with which the electrodes could be stimulated without their response exceeding the 
water window limit. The CIC was calculated by multiplying the maximum injectable current by the 
pulse width (cathodic phase) and dividing the obtained charge by the electrode GSA. 

3.4.5 Resistance measures 

To measure the resistance, devices were immersed in saline solution (0.9% NaCl) at 37 °C and pH 7.2, 
and electrode pairs were connected to the potentiostat (Compact Stat, Ivium) and a voltage of 0.5 V 
was applied to measure the current generated. Resistance values were obtained by dividing the ap-
plied voltage by the measured current. 

3.4.6 Long-term stimulation 

Devices were immersed in saline solution (0.9% NaCl) at room temperature and pH 7.2. Up to 4 M cur-
rent pulses were delivered using an isolated stimulus generator (STG4002, Multi-Channel Systems) at 
200 Hz of repetition rate. During stimulation, and a platinum wire was immersed in the bath as ground 
electrode. Current pulses were asymmetric (1:5 cathodic to anodic ratio), charge-balanced, cathodic 
first with a cathodic amplitude of 500 µA, a duration of 100 µs and a 60-µs interphase period. At sever-
al timepoints, a measure of VT was performed as described above using the potentiostat (Compact 
Stat, Ivium) in a three-electrode configuration and applying the same current pulse. The Emc was de-
fined as the voltage value measured after 30 µs from the end of the cathodic pulse to avoid the ohmic 
drop. For each timepoint, 8 current pulses were delivered and the final Emc value was the average of 
the repetitions. 
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3.4.7 Degradation 

PCL and PLGA (Resomer RG 858 S; 739979-5G, Sigma) were mixed at various ratios: 100:0, 80:20, and 
70:30. The powder mix was dissolved in chloroform (C2432, Sigma-Aldrich) at 45°C and with magnet-
ic stirring at 200 rpm for 2 h. For each composition, 3 samples were prepared. The weight of the sam-
ples was recorded after fabrication and kept as a reference. Samples were immersed in 10-mL PBS at 
pH 12 at 37 °C. At each time point samples were taken out of the solution and dried at room tempera-
ture under vacuum for 4 h. Once dry, samples were weighted and, depending on the time point, scan-
ning electron microscopy images were taken. 

3.4.8 Delivery system 

The top extremity of device was attached to the end of a push wire (STABILIZER 527-300E, 0.36 mm 
diameter, Cordis) using super glue (Supergel, UHU). The push wire with the device attached was then 
immersed in deionized water, and the target catheter (5Fr, NavienTM A+ 058, Intracranial Support 
Catheter, OD 1.7 mm) was filled with deionized water. This wetting is used to improve insertion and 
navigation of the device inside the catheter. The device attached to the push wire was then pushed 
inside the catheter and navigated until exiting after ≈1m of navigation. 

3.4.9 Microtomography imaging 

A channel was created in PMMA with a 2-mm diameter. The device was deployed inside the channel. 
To avoid metallic artifacts generated by the push wire, the attachment site was cut after deployment. 
To improve the device visibility within the channel, the channel was filled with a contrast agent (Io-
pamiro 300 mg mL−1, Bracco) mixed with NaCl solution at 30% v/v. Imaging was performed at 10-µm 
resolution with a 5-mm field of view (Qunatum CT Lab GX, Rigaku microCT Technology and Perkin 
Elmer software). 

3.4.10 Scanning electron microscopy 

Images were taken with a Schottky field emission scanning electron microscope (SU5000, Hitachi) at 1 
kV access voltage and 10% of maximum spot intensity. 

3.4.11 Cytotoxicity test 

A test on extract was performed with devices sterilized by UV exposure, with a ratio of the product to 
extraction vehicle of 3 cm2 mL−1. The extraction vehicle was Eagle's minimum essential medium 
(11 090 081, Thermo Fisher Scientific) supplemented with 10% fetal bovine serum (10 270 106, 
Thermo Fisher Scientific), 1% penicillin-streptomycin (15 070 063, Thermo Fisher Scientific), 2 mm L-
Glutamine (25 030 081, Thermo Fisher Scientific), and 2.50 µg mL−1 Amphotericin B (15 290 026, Gib-
co-Thermo Fisher Scientific). The extraction was performed for 24 h at 37 °C and 5% CO2. L929 cells 
(88 102 702, Sigma) were plated in a 96 well plate at a sub-confluent density of 7000 cells per well in 
100 µL of the same medium. L929 cells were incubated for 24 h at 37 °C and 5% CO2. After incubation, 
the medium was removed from the cells and replaced with the extract (100 µL per well). After another 
incubation of 24 h, 50 µL per well of XTT reagent (Cell proliferation kit 11 465 015 001, Sigma) were 
added and incubated for 4 h at 37 °C and 5% CO2. An aliquot of 100 µL was then transferred from each 
well into the corresponding wells of a new plate, and the optical density was measured at 450 nm by 
using a plate reader (FlexStation3, MolecularDevices). Clean medium alone was used as a negative 
control, whereas medium supplemented with 15% of dimethyl sulfoxide (D2650-5×5ML, Sigma) was 
used as a positive control. Each condition was tested in triplicates. 
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3.4.12 Statistical analysis and graphical representation 

Statistical analysis and graphical representation were performed with Prism (Graph Pad). Normality 
test was performed in each dataset to justify the use of a parametric or non-parametric test. The box 
plots always extend from the 25th to 75th percentiles. The line in the middle of the box is plotted at 
the median. The + is the mean. The whiskers go down to the smallest value and up to the largest. In 
each figure p-values were represented as: * p < 0.05, ** p < 0.01, *** p < 0.001, and **** p < 0.0001. 
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Chapter 4 Flow driven robotic navigation of 
microengineered endovascular probes 
 

The goal addressed in this chapter is the investigation of a new navigation method for endovascular 
probes and catheters, to reduce risks related to techniques currently used and to widen the number of 
vascular targets that can be reached (e.g., microvasculature). 
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4.1 Introduction 
The cardiovascular system oxygenates the entire body through an exquisitely interconnected fluid 
network, potentially providing physicians and scientists minimally invasive access to any target tissue. 
Taking advantage of this opportunity, the diagnosis and treatment of prominent abnormalities and 
diseases in the brain such as tumours, aneurysms, stroke, and arteriovenous malformations have been 
routinely accomplished using catheterization techniques222–226. Recent work has also demonstrated 
long-term recording and stimulation of brain dynamics using endovascular stent electrode arrays93,122. 
However, the majority of the brain is still inaccessible because the existing tools are bulky and navi-
gating through the minuscule and tortuous cerebral vasculature without causing tissue damage is ex-
tremely challenging. While technological progress in microengineering has introduced a variety of 
microdevices that can perform optical, thermal, electrical and chemical interrogation and modulation 
of the nervous system84,227–233, conventional navigation techniques are incapable of transporting minia-
turized tethered devices deep into the microvasculature primarily due to mechanical limitations. The 
invention of a methodology that provides rapid and safe passage for microdevices regardless of the 
complexity of the trajectory may become instrumental for translational medicine and neuroscience 
research. 

Advancement of conventional catheters relies on manual adjustment of the curvature of their distal 
tip. To automate the navigation process, robotics research has introduced continuum devices with 
active control over body deformation through cable-driven mechanisms, concentric tube systems or 
devices that possess tuneable mechanical properties such as shape-memory and variable stiffness234–

240. Seminal work has demonstrated the feasibility of using external magnetic fields to remotely control 
the pose of elastic magnetic rods126,241–250. However, navigating gently through increasingly intricate 
vascular networks, while avoiding lesions, requires the development of microscopic probes (µ-probes) 
as small as blood cells with extraordinary flexibility. This is particularly important for neurological 
interventions in which accessing distal and tortuous vessels prohibitively increases the operation time 
and risk of intraoperative tissue damage. The bending stiffness of a rectangular beam scales cubically 
with the thickness of the material and, thus, reducing the dimensions of even high-modulus slender 
structures dramatically increases their flexibility. Furthermore, friction forces progressively increase 
with the distance, making it harder to push structures forward inside small vessels. As a result, state-
of-the-art navigation techniques are not suitable for the advancement and steering of miniaturized 
endovascular devices. 

Here, we introduce a robotic navigation strategy that relies solely on the ability of the blood flow to 
transport devices in vessels with arbitrary tortuosity. The method is based on the exploitation of elas-
tohydrodynamic coupling between flexible structures and the surrounding fluid. Harnessing viscous 
stresses and pressure for propulsion while controlling the heading with spatially homogenous mag-
netic fields nullifies the need for proximal pushing. This strategy allows autonomous flow-driven 
transportation of µ-probes along three-dimensional (3D) trajectories close to the speed of flow 
(Figure 4.1a). The torque exerted on the magnetic head bends the distal end of the device, which in 
turn interacts with the flow in such a way that the structure is conveyed to the chosen trajectory. The 
torque required to effectively steer the µ-probe scales favourable with vessel size and can be provided 
by a magnetic head as small as 40 μm under magnetic field strength, B, as low as 5 mT. The persistent 
presence of flow ensures safe advancement of the µ-probe until the next bifurcation without external 
intervention and with minimal contact with the walls, promoting autonomous passage through un-
known or highly structured channels. In addition, in order to significantly reduce the size of the elec-
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tromechanical µ-probes, we abandoned the conventional two-step navigation paradigm that is based 
on the use of a flexible guidewire for the advancement of the functional catheter. Instead, we designed 
and engineered endovascular microrobotic devices with cross-sectional area as small as 25 × 4 μm2 
that travel effortlessly in the vessels as if they were untethered while taking full advantage of the elec-
trical and fluidic tethers. The physical principles of the navigation strategy have been systematically 
explored inside microfluidic devices with relevance to clinical challenges and using an experimentally 
validated computational model, which together led to the development of a repertoire of design and 
wireless control strategies. Finally, we demonstrate the feasibility of operating (multiple) microengi-
neered µ-probes at the target locations for making physical measurements in custom-made biomimet-
ic phantoms and ex vivo local injection of chemicals inside the vasculature of a rabbit ear. 

 

Figure 4.1 Flow-driven deployment and advancement of endovascular μ-probes. (a) Ultra-flexible µ-probes are transported inside 
vessels by the hydrodynamic forces (top). Controlled rotation of the magnetic head using external magnetic fields steers the device into the 
target vessel (bottom). The small size of the μ-probe allows direct release into the vessels with standard hypodermic needles. (b) Effective 
deployment of the μ-probes using a proper cannulation system that overcomes mechanical instabilities. Perfusion with a physiological solu-
tion during delivery keeps the structure under tension until the flow in the artery takes over. Drawings are not to scale. 
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4.2 Results 

4.2.1 Microfabrication of the µ-probes 

To ensure effortlessly navigation driven only by the flow and directed by small amplitude magnetic 
fields, polyimide (PI) was chosen as flexible and biocompatible material to build the device. Through 
spin coating technique it is possible to reach the small thickness required, such as 4 µm. The width of 
the stripes was laser cut to reach values in the range of 25-300 µm depending on the target vessel size. 
The length of the probes varied around 7 cm, within the limits of the 4-inch Si wafer used as microfab-
rication substrate. A 100 nm-thick layer of Au was sputtered along the length of the probe to help in 
optical visualization and mimic the presence of electrical circuitry on the device in the navigation tests.  

By using standard microfabrication processes, different sensors have been patterned on the µ-probes. 
The thickness of the device was maintained by patterning the circuitry over a 3 µm thick PI and encap-
sulating it with a 1 µm-thick layer of PI. The simplest design was a single oval electrode (0.065 mm2 
area) intended for endovascular neural recording, stimulation or local cauterization. The electrode and 
trace were in sputtered gold; 100nm of IrOx was added on the electrode to reduce the impedance and 
increase the charge storage capacity. Preliminary tests (not reported here) showed that these elec-
trodes inserted in a tortuous channel are operational even under bending due to high curvatures (1.4 
mm radius).  

Next, a temperature sensor was fabricated on the PI stripes. To ensure high dependability on tempera-
ture, the gold used so far was replaced by platinum. However, the sensor itself requires a high re-
sistance to increase the sensitivity. For this reason, the deposition of the sensors (25 nm Pt) was sepa-
rated from the deposition of the traces (300 nm Pt) connecting the sensor to the external control unit. 
Probably due to the high aspect-ratio of the probes (≃ 7 cm by 30 µm) and poor adhesion of the Pt to 
the PI, lift-off patterning guaranteed only a limited fabrication yield, while dry-etching proved to be a 
more reliable process. First 275 nm of Pt were sputtered (over a Ti adhesion layer) to produce the 
traces  after etching through a photoresist mask, and then 25 nm of Pt were similarly added on the 
traces (to reach the final thickness of 300 nm) and continued beyond them to draw the high-resistance 
serpentine representing the sensor. This probe’s design was then adapted to host an additional ser-
pentine to create a flow sensor depicted in Figure 4.14 and characterized in section 4.2.7. 

4.2.2 Design and operation of a µ-probe-insertion device 

Unlike conventional endovascular catheters251, ultra-flexible and ultra-lightweight filaments cannot 
simply be pushed into a stream because axial compressive loads will no longer be effectively transmit-
ted due to bending of the µ-probe. For this purpose, we developed a hydromechanical insertion system 
that seamlessly couples with the vasculature and keeps the µ-probe under tension during the entire 
operation. The proximal extremity of the µ-probe was attached to a rigid rod that slid across a sealing 
gasket at the rear end of a custom-made syringe barrel, and the motion of the rod was controlled by a 
linear positioner. Gentle pulling of the rod ensured proper loading of the µ-probe into the barrel. Saline 
solution was pumped inside the system through an intake, applying tensile stress to the relaxed fila-
ment. Percutaneous cannulation in conjunction with controlled perfusion was performed for the fast 
and versatile deployment of the µ-probe (Figure 4.1b, Figure 4.2). The axial movement of the rod 
determined the portion of the µ-probe that was released into the target vessel. The hydrodynamic 
pulling forces ensured smooth passage of µ-probes into the cannula in the absence of pushing forces. 
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Upon introduction of the µ-probe into the vessel, viscous stresses applied by the physiological blood 
stream dominate the propulsion and the perfusion may be terminated. 

 

Figure 4.2 Insertion system. The µ-probe is proximally coupled to a rigid rod and its position controlled by the movement of the rod. The 
main purpose of the rigid rod is to provide a rigid coupling across the gasket between the linear positioner and the flexible µ-probe, and to 
control the release rate of the µ-probe that is being pulled by the flow. The µ-probes used in this study were longer than 70 mm. Drawings are 
not to scale. 

4.2.3 Fluid-structure interactions in ultra-flexible µ-probes 

We first studied the deformation and passive deployment of the µ-probe in a nonuniform viscous flow 
with curved streamlines. Flexible electronic devices fabricated by depositing conductive elements on 
thin polymer substrates offer a versatile route for the development of smart µ-probes. We manufac-
tured 4-µm-thick polyimide (PI) ribbons with 200-µm width as generic structures for the study of flu-
id-body interactions under the influence of flow. Coating the complete surface of the ribbon with a 
100-nm-thick gold film exaggerates the stiffness of functional µ-probes with patterned electrical cir-
cuits. As a result, we guarantee that the navigation results are representative for all electronic µ-
probes presented in this work. Cylindrical magnetic heads with varying sizes, diameter from 40 to 
350 µm, were fabricated from a hard-magnetic elastomer composite using a moulding process. The 
experiments were performed inside biomimetic vascular networks made from photopolymer or elas-
tomer using 3D printing and sacrificial moulding, respectively. A Newtonian fluid matching the viscosi-
ty of blood was pumped into the channels. We regulated the average fluid velocity, ū, according to the 
size of the vessels to stay in the physiologically relevant regime. 

We realized a tortuous fluidic scenario to replicate challenging vascular trajectories as shown in Fig-
ure 4.3a. As soon as the µ-probe was fed into the channel using the insertion device, fluid flow started 
to pull on the structure and kept it under tension at all times. The µ-probe was fed by moving the 
plunger forward and the filament perfectly followed the central streamline in the linear portion of the 
channel. The viscous stresses bent and transported the µ-probe through each high-curvature turn to 
the target location. For the chosen geometric and flow parameters, curvature up to 0.8 mm−1 and ū = 
20 cm s−1, the maximal attainable velocity of the µ-probe (i.e., the maximum velocity at which we can 
feed the µ-probe without generating mechanical instabilities) was 2.8 cm s−1, which corresponded to 
0.15 ū (Supplementary Movie 1). Intuitively, faster advancement can be achieved at higher fluid veloci-
ty due to the increase in viscous stresses on the µ-probe. Likewise, straighter channels allow faster 
deployment, pushing the maximum attainable deployment speed closer to the flow velocity. To 
demonstrate the instrumental role of the viscous stresses in the advancement process, we temporarily 
turned off the pump and kept pushing the µ-probe. The structure immediately lost tension along with 

https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM4_ESM.mp4
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hydrodynamic lift upon removal of the flow. With further pushing, the contact between the walls of the 
channel and the magnetic head generated mechanical instabilities such as buckling (Figure 4.3b, Sup-
plementary Movie 2). The structure unfolded and regained its straight configuration as soon as the 
pump was turned on, regardless of the deformed shape of the µ-probe. 

 

Figure 4.3 Characterization of the flow-driven autonomous advancement of μ-probes. (a) Slender μ-probes are transported by the flow 
inside tortuous channels with high curvature at a forward average velocity of 2.8 cm s−1. The average flow velocity is given by ū and R denotes 
the radius of curvature. R in the second and third turns are 1.2 and 1.8 mm, respectively. (b) In the absence of flow, pushing the µ-probe 
forward generates mechanical instabilities and the advancement ceases (left). Upon introduction of the flow, the μ-probe re-engages with it 
and continues to advance inside the channel. (c) A comparison between the conventional catheter advancement approach and fluid-driven 
transport introduced in this work. The conventional approach relies on a finite proximal force, F, and the contact pressure exerted on the 
outward wall (grey arrows) to transmit forces distally (left). Our approach relies instead on the tensile forces applied by the viscous stresses 
along the entire structure (right). Small red arrows represent drag forces. Drawings and forces not to scale. (d) In conventional navigation 
paradigm, friction forces increase with the length of the filament. The externally applied push force must be increased accordingly to be able 
to maintain the advancement. However, input forces above a safety threshold may result in vessel perforation or dissection. Ultimately, when 
the friction exceeds the push force, the intervention reaches its limit. On the other hand, in our approach, the continuous presence of hydro-
dynamic forces maintains tension on the structure and warrants a positive difference between the drag force and the friction, regardless of 
the travelled distance. Plots are conceptual. Scale bars are 5 mm. 
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The sustained tension on the µ-probe provided by the viscous stresses differentiate the proposed de-
ployment system from conventional strategies. Standard push-based endovascular devices rely on the 
outward wall contact to be able to transmit the axial force along the structure in non-linear trajecto-
ries (Figure 4.3c, left). The result is an important increase in friction and normal forces on the walls 
that would ultimately overcome the proximal insertion force and lead to advancement arrest or poten-
tially to blood vessel wall perforation. Oppositely, in flow-driven navigation, the contact points are 
limited to the inward wall of the curve due to the experienced tensile regime (Figure 4.3c, right). The 
discrete contact regions, in combination with the distributed drag force, allows maintaining a ratio 
larger than one between the total drag force and friction force along the entire trajectory and therefore 
ensuring uninterrupted advancement (Figure 4.3d). The tip of the µ-probe followed almost identical 
trajectories while it was being pulled forward by the flow or pulled back by the insertion device 
(Figure 4.4). One important consideration for the retraction process is the friction at corners with 
high curvature. The structure must be ultra-flexible yet inextensible for effective and safe retraction 
through tortuous paths. Since the position of the µ-probe depends on the flow along its length, the µ-
probe is not always aligned with the local streamlines. For example, when the flow has curved stream-
lines, the filament does not align with the flow, but rather it crosses the streamlines. A similar behav-
iour was reported on biological filaments forming in curved microfluidic channels252. 

 

Figure 4.4 Visualization of the tip trajectories during advancement and retraction of a μ-probe. The tip of the µ-probe follows a very 
similar path during advancement (blue dots) and retraction (red dots). Scale bar is 5 mm. 

We developed a computational model to gain more insight on the navigation mechanism and for rapid 
testing of robotic control strategies (see Supplementary Note 1 for details). The stationary pose of the 
µ-probe in the channel was obtained by solving a lumped model of the discretized structure while 
probing the fluid velocities at each node of the structure at each iteration. The simulations were based 
on the same channel geometry used for the navigation experiment shown in Figure 4.5a, along with 
the measured value of the flow rate (ū =20 cm s−1) and Young’s modulus of the filament (E = 3 GPa).  
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Figure 4.5 Simulation of the µ-probe dynamics and adaptive navigation. (a) The µ-probe deforming in two-dimensional space is de-
scribed by the centreline coordinate s and a material reference frame characterized by {e⊥, e||}. The fluid velocity is denoted by U. Discretized 
model of the µ-probe is shown on the right. This model is used to calculate the velocities and forces. Deformation is calculated iteratively at 
each node from the resultant torque, M and spring coefficient, k. (b) Simulations showing the advancement of the μ-probe in the same tortu-
ous channel shown in Figure 4.3a and Supplementary Movie 1. (c) Schematic illustration of a 3D channel with the knot shape and time-lapse 
images of the µ-probe (i–iii) advancing through a channel with the same geometry. The μ-probe successfully reached the target location in 
1.3 s with a forward velocity of 4 cm s−1. Grey arrows indicate points of contact with the wall. (d) CFD simulation of the flow in a channel with 
extreme occlusions. The main channel has 2 mm × 2 mm cross-sectional area and 750-μm-diameter holes were placed on two walls in the 
top-left and bottom-right corner, respectively. Scale bar is 2 mm (e) Snapshots from the advancement of the μ-probe inside the structured 
channel simulated in (d), finding its way through the holes even at very low flow velocity (ū = 0.6 cm s−1). Scale bars in b, c and e are 5 mm. 

To reproduce the advancement of the filament inside the channel, we iteratively added material at the 
tip and solved the equations for the full structure. This strategy resulted in a much shorter simulation 
time compared to translating the whole µ-probe as it requires significantly fewer iterations for con-
vergence. Furthermore, this formulation was less prone to mechanical instabilities. A penalty algo-
rithm was implemented in order to account for contact between the walls of the channel and the µ-
probe. A force normal to the channel that depended quadratically on the penetration depth was ap-
plied on each node of the filament that violated the non-penetration condition. Snapshots of numerical 
simulations are given in Figure 4.5b and an animation of the overall motion is shown in Supplemen-
tary Movie 3. While the contact points with the channel walls were predicted correctly, the simulated 
shape of the µ-probe showed deviations due to the simplifications of the model (Figure 4.6). 
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Figure 4.6 Comparative analysis of empirical and numerical results. Comparison between the steady-state shape of the µ-probe in ex-
perimental (blue) and simulation (red). Scale bar is 5 mm. 

4.2.4 Adaptive transport of µ-probes in complex vessel phantoms 

Using elasto-hydrodynamic coupling for propulsion enables enticing opportunities for µ-probes navi-
gating inside highly curved, structured, or dynamically changing environments. We explored whether 
the elastic body could continuously morph in accordance with the geometry of the channels by testing 
the devices in a phantom with a braided channel forming a 3D knot with curvature as high as 
0.25 mm−1 (Figure 4.5c). The µ-probe completed the track in 1.3 s at a deployment velocity of 4 cm s−1 
under the control of the fluid flow with ū =30 cm s−1. Grey arrows indicate contact points between the 
channel wall and the µ-probe. 

The rapid pursuit of streamlines without any external manipulation set the ground to test whether the 
µ-probes can pass through occlusions mimicking extreme vascular stenoses. We fabricated a channel 
with two internal occluding walls where the only passage was provided through two circular windows 
with a diameter twice as large as the size of the magnetic head. Computational fluid dynamics (CFD) 
simulations visualized the 3D streamlines inside the channel and quantified the distribution of flow 
velocity (Figure 4.5d). The µ-probe autonomously navigated through both apertures while the kine-
matics of the motion followed the flow field imposed by the occlusions (Figure 4.5e, Supplementary 
Movie 4). Shakes on the µ-probe head were visible in between the walls for ū larger than 0.6 cm s−1 as a 
manifestation of unsteady flow created by abrupt changes in channel geometry. The µ-probe moved as 
fast as 2.8 cm s−1 at ū = 20 cm s−1. 

4.2.5 Magnetic actuation of the tip for controlled bending of the µ-probe 

While the translational motion of the µ-probe is controlled by the drag forces, the selection of a specific 
path requires the application of external torque. We observed that the transversal tip position of the µ-
probe, ytip, right before entering a bifurcation is a reliable indicator for the direction the µ-probe is 
going to take (Figure 4.7a). We hypothesized that by rotating the head of the µ-probe and positioning 
the tip at the correct location with respect to the stagnation streamline (white dashed line), we could 
harness the current in this new position (brown streamlines) to have the µ-probe pulled into the 
downstream vessel. The µ-probe would then be transported to the next bifurcation autonomously in 
the absence of external manipulation and the same protocol would be applied to select a new trajecto-
ry. We decided to use magnetic actuation to apply torque due to the ease of generating uniform mag-
netic fields, scalability arguments, and medical compatibility. 
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Figure 4.7 Magnetic tip steering for controlling the µ-probe position. (a) Conceptual description of our proposed strategy to navigate the 
µ-probe into the target daughter vessel. Upon reaching a bifurcation, the μ-probe tip is laterally moved from the current stream (blue dashed 
lines) into the target stream (brown dashed lines) with the application of magnetic torque. The µ-probe is pulled into the stream with further 
release of the structure. Black dashed line shows the trajectory of the tip passing through the stagnation streamline (white dashed line) and β 
denotes the bifurcation angle. (b) The transversal position of the tip, ytip, is controlled by the magnetic actuation of the head that has length 
LH, diameter ØH, and magnetisation m. Upon application of the magnetic field, B, the torque, M, exerted on the head rotates the head and 
bends the filament leading to an increase in both lift and drag forces. Red dot indicates the tip position. (c) The equilibrium shape of the µ-
probe with increasing magnetic field at constant flow velocity (ū = 30 cm s−1). Red dot indicates the tip position. d Simulations of the µ-probe 
deformation under varying magnetic torque and constant flow velocity match the empirical results shown in (c). (e) The equilibrium shape of 
the µ-probe with increasing flow velocity at constant magnetic field (B = 8 mT). Red dot indicates the tip position. (f) The evolution of ytip in 
response to the fluid velocity and magnetic field sweeps. Darker lines represent the average and lighter areas represent the aver-
age ± standard deviation. Each measurement was repeated three times for both magnetic field directions and for three different µ-probes 
(n = 18). Grey arrows indicate contact with the channel wall. Scale bars are 2 mm. 

We systematically studied the effects of the magneto-elasto-hydrodynamic coupling on ytip to develop a 
robust strategy for navigating µ-probes. We fabricated a representative µ-probe with a cylindrical 
magnetic head (ØH = 350 μm and LH = 1 mm) and used this prototype for the following characterization 
experiments, unless stated otherwise. Upon application of the magnetic field, the head rotated in order 
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to align with the direction of the field, which changed the distribution of hydrodynamic forces and 
elastic stresses, leading to a new equilibrium configuration (Figure 4.7b, Supplementary Movie 5). In 
the first set of trials, the µ-probe was placed in the middle of a channel at ū = 30 cm s−1 and subjected 
to varying magnetic fields (Figure 4.7c). At low B, the lift force acting on the structure moved the en-
tire µ-probe to the upper half of the channel in the opposite direction of the field. This steering mecha-
nism closely mimics the motion of wakeboards and reaction ferries. At B larger than 8 mT, the µ-probe 
started to contact the upper wall (grey arrow), which constrained the lift-induced upwards motion of 
the structure and served as a support point to further bend the distal end towards the direction of the 
magnetic field. At higher B, magnetic head rotated further, which resulted in the entry of the µ-probe 
tip into the bottom half of the channel. We recapitulated the µ-probe deformation under hydrodynam-
ic forces and magnetic torque using numerical simulations (Figure 4.7d). The effect of magnetic actua-
tion was incorporated into the computational model by discretizing the flexible head and applying 
magnetic moment at the corresponding nodes. We tuned the magnetization value to match the equilib-
rium shape at a certain B and ū, and used the same calibrated value for the following simulations. 

Next, we performed a velocity sweep at B = 8 mT. With increasing ū, the contribution of the hydrody-
namic forces to the final shape also increased, resulting in a straightening of the µ-probe. As a result, 
the tip eventually moved from the bottom to the upper half of the channel (Figure 4.7e). The overlay 
of the equilibrium µ-probe shapes under varying ū and B summarized the competing effects of hydro-
dynamic forces and magnetic torque on ytip and the steady-state shape of the µ-probe (Figure 4.8).  

 

Figure 4.8 The influence of magnetic field and flow velocity on the equilibrium. Skeleton overlays of a µ-probe subjected to varying flow 
velocity (top) and magnetic torque (bottom). The magnetic field strength was set to 8 mT for the velocity sweep and the flow velocity was 
kept at 30 cm s-1 for the magnetic field sweep. Red dots indicate the position of the tip. 

To better visualize the effects of B and ū on the µ-probe shape, we plotted ytip for different conditions 
and observed a change in heading for ū larger than 10 cm s−1 (Figure 4.7f). This effect was the result of 
the µ-probe touching the upper channel wall, which blocked the lift-induced upward motion. Grey ar-
rows denote the moment at which the µ-probe contacted the wall. The characterization experiments 
were repeated with magnetic heads of different sizes and geometries. Intuitively, longer and/or thick-
er heads could harness more lift force and require lower magnetic torque for actuation. However, 
longer magnetic heads did not fully exploit lift force because of the boundary conditions imposed by 
the geometry of the vessel (Figure 4.9). 
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Figure 4.9 The influence of magnetic head geometry on the equilibrium pose. The displacement of the tip for three different magnetic 
head geometries at varying magnetic fields and flow velocities. Darker lines represent the average and lighter areas represent the ± standard 
deviation. 

4.2.6 Controlled navigation of µ-probes in fluidic networks 

After establishing a method for effective tip positioning under flow, we tested the success of steering in 
the presence of bifurcations. The µ-probe was fed into a channel that splits into two symmetrical 
daughter vessels with β = 40° and ū = 30 cm s−1. We discovered two distinct navigation strategies for 
selecting daughter vessels. In controlled-lift (CL), the rotation of the head drifts the structure towards 
the selected streamline by hydrodynamic lift (Figure 4.10a, Supplementary Movie 6). Navigation 
based on CL is particularly appealing for situations where contact with the walls must be minimized, 
magnetic torque is limited, or fluid velocity is relatively high. On the other hand, in controlled-heading 
(CH), magnetic torque imposes the head pose while working against hydrodynamic forces (Figure 
4.10b, Supplementary Movie 7). CH was generally accompanied with the µ-probe contacting the chan-
nel wall, even though the success of the navigation did not rely on this hinge mechanism. While we set 
the velocity of the linear positioner to 4 mm s−1, the navigation strategies worked at velocities as high 
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as 0.2 ū. We recapitulated the transport of the µ-probe with the computational model by iteratively 
moving the whole structure forward along the longitudinal axis. The simulation results matched major 
empirical observations—CL was achieved by exploiting lift to reach the target streamline and enter the 
daughter vessel at relatively low B (Figure 4.10c). CH was successfully executed at higher B while the 
simulated µ-probe contacted the walls at similar locations (Figure 4.10d, Supplementary Movie 8). 

 

Figure 4.10 Navigation strategies to deploy μ-probes at target locations in the vasculature. (a), (b) Overlay of time-lapse images show-
ing controlled transport of µ-probes to the target location (black dot) using (a) CL and (b) CH navigation. At lower B, CL navigation exploits 
the lift force emerging from the elastohydrodynamic coupling between the flow and the flexible structure. Lift force drifts the entire device 
into the upper daughter vessel (left). At higher B, the stronger magnetic torque enables setting of a course along which the µ-probe is trans-
ported by the flow (right). (c), (d) Simulations showing the successful navigation of the structure adopting (c) CL or (d) CH methods. (e) A 
score plot quantifying the statistics of the success rate for each navigation strategy at different B and constant flow velocity (ū = 26 cm s−1). 
The μ-probe was placed in the middle of a 2 mm × 2 mm channel bifurcating at an angle β = 40°. Navigation tests were repeated three times 
for both daughter arteries with three different µ-probes (n = 18). (f) Phase diagram illustrating the most favourable navigation strategy for 
given ū and B. The values are binarized at an 80% confidence. (g) Effects of β on the success of each navigation strategy. (h) The influence of 
the magnetic head geometry on the navigation score. Scale bars are 5 mm. 
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After recording the results of several navigation trials at different magnetic fields, we were able to 
discriminate two separate regimes favouring navigation based on CL and CH. Figure 4.10e shows a 
representative plot of the dominant navigation strategies for varying B at ū = 26 cm s−1 and β = 40°. We 
created a phase diagram by repeating this characterization process at different flow rates (Figure 
4.10f). In the phase diagram, every line corresponds to a plot that is in the form of Figure 4.10, bina-
rized with an 80% confidence. Next, we generated concatenated diagrams by stacking phase plots for 
different β (Figure 4.10g) and head geometry (Figure 4.10h). All results showed that the CL regime is 
predominant with increasing ū, while CH navigation had a better success rate at bifurcating angles 
above β = 40° for a given velocity. Increasing the aspect ratio of the magnetic head in µ-probe design 
promoted CH over CL due to the restricted space for the motion of the head. Decreasing the cross-
sectional area of the channel from 2 × 2 mm2 to 1 × 1 mm2 completely precluded navigating the µ-probe 
using the CL method with the chosen design and mechanical properties. Decreasing the magnetic head 
size and/or the bending stiffness of the µ-probe will allow navigation using the CL method in sub-mm 
vessels. 

So far, we only showed navigation inside channels residing on a plane for detailed characterization of 
the deformation and motion of the µ-probe. The magnetic steering was easily extended to 3D for a 
complex channel geometry that was provided to the user prior to the operation (Figure 4.11). Alter-
natively, teleoperated 3D navigation was performed using the visual feedback provided by two camer-
as observing the workspace from orthogonal views. 
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Figure 4.11 Controlled navigation in a 3D channel. The channel is looped around itself and has two vertically diverging bifurcations. The 
µ-probe successfully reached all 3 target locations (A, B and C) under the guidance of magnetic actuation. The µ-probe was transported at a 
velocity of 2 cm s-1 at ū = 30 cm s-1. Scale bar is 5 mm. 

Controlled application of magnetic torque only when the µ-probe approaches bifurcations would suf-
fice for reaching target locations. On the other hand, our method may fail when the flow in the chosen 
branch has significantly lower velocity compared to the alternative route. Fortunately, magnetic con-
tinuum devices provide a rich repertoire of actuation modes that can generate propulsion inside sta-
tionary fluids253–255. By actuating the head with time-varying magnetic fields, we facilitated entry into 
hydrodynamically unfavourable vessels (Supplementary Note 2). Notably, we can navigate µ-probes in 
tight vessels that are slightly larger than the magnetic head. To demonstrate this feature, we released 
µ-probes with 250 µm head into a 300 µm channel. The structure barely bent under magnetic actua-
tion due to the confined space, yet the µ-probe successfully navigated through bifurcations (Figure 
4.12a-c, Supplementary Movie 9). With further miniaturization (Figure 4.12d,e), navigation inside 
microfluidic channels as small as 100 µm in width became feasible. We successfully transported µ-
probes with a size of 25 µm × 4 µm and a 40-µm diameter magnetic head in < 2 s (Figure 4.12f,g).  

https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM1_ESM.pdf
https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM12_ESM.mp4


4.2 Results 
 

92 

 

Figure 4.12 Flow-driven navigation in narrow channels. Channel size (300 µm) is comparable to the diameter of the magnetic head diam-
eter (250 µm) at ū = 0.5 cm s-1. (a) A µ-probe is deployed into a channel branching into daughter vessels with 20° angle. Scale bar is 5 mm. (b) 
The magnetic head is steered towards the top channel (top) and released to advance further in the top channel under the control of flow 
(bottom). (c) The same control strategy is applied to steer the µ-probe into the bottom daughter vessel. (d) Picture of a 25 µm-wide ultraflex-
ible µ-probe on a human finger and (e) with a 21 G hypodermic needle (0.8 mm diameter). Scale bars are 2 mm. (f) Schematic of the microflu-
idic channel showing the dimensions of each branch. All channels are 100 µm in height. Upon entry the µ-probe is transported by the fluid 
and steered with magnetic actuation to reach the target locations shown in (g). Inset in (g) shows the 25 µm-wide µ-probe and the 40 µm-
diameter magnetic head inside the 100 µm x 100 µm channel. 
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Using µ-probes within a similar size range, we may reach distal microvasculature in the body, a feature 
that is currently impossible to achieve. Finally, our navigation strategy is compatible with the deploy-
ment of multiple µ-probes. We iteratively steered four µ-probes to pre-determined target locations in a 
phantom with three bifurcations (Figure 4.13). The profile of the flow around the existing µ-probes 
autonomously creates alternative paths for the incoming µ-probes. Thus, the number of µ-probes that 
can be simultaneously deployed is only limited by the relative size of the µ-probe with respect to the 
vessel diameter. 

 

Figure 4.13 Simultaneous deployment of multiple µ-probes. Adaptive and autonomous flow-driven transportation ensures safe passage 
of the slender structures despite the partial occlusions created by the presence of other µ-probes. Scale bar is 5 mm. 

4.2.7 Local characterization of flow using electronic µ-probes 

After establishing the navigation strategy, we explored whether we could dynamically record physio-
logical parameters such as electric potential, temperature, or flow characteristics using µ-probes. PI 
substrate was used to fabricate the main chassis while titanium and platinum strips were deposited to 
form electrodes and electrical circuits, respectively. As a proof of concept, we engineered a µ-probe 
that uses convective heat transfer to measure the characteristics of local fluid flow. Upon injection of 
current into the heater circuit, the generated heat is transferred to the sensor circuit at a rate deter-
mined by the velocity profile of the fluid. The fabricated electronic µ-probes consisted of a 
0.1 mm × 2 mm heating element and a 200 μm × 500 μm sensor component, positioned 50 μm apart 
from each other (Figure 4.14a). Conventional flow sensors that are based on heat transfer operate 
either in continuous mode or pulsed mode256–259. In continuous mode, the change in the sensor re-
sistance with the flow is monitored. As a result, this measurement requires high signal-to-noise ratio 
(SNR), making it challenging to be implemented on miniaturized devices. Our flow sensors were oper-
ated in pulsed mode, by measuring the time-of-flight (TOF) between the injection of current to the 
heater and the detection of peak resistance at the sensor. This method requires a high sampling rate, 
which does not pose a trade-off with miniaturization. 
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Figure 4.14 Development and navigation of microengineered thermal flow sensors. (a) Picture of the flow sensing µ-probe showing the 
heater and sensor elements along with the magnetic head. Scale bar is 1 mm. Inset shows the details of the heater and the sensor circuits 
placed 50 μm apart from each other. Scale bar is 500 μm. (b) Temporal variation in the resistance of the sensor is recorded and compared 
with the input signal to measure the TOF of the heat pulse. Dark lines represent the average of 30 consecutive measurements that are shown 
in light curves. The TOF is measured for varying ū in a 2 mm × 2 mm channel. (c) Calibration curve of TOF with respect to ū and the τwall in a 
2 mm × 2 mm channel. Black curve represents the average of 6 different tests. (d) Representative images showing the µ-probe at a pre-
stenotic region and inside the stenosis. The cross-sectional area decreases 4 times inside the stenotic region. Scale bar is 5 mm. (e) Wall shear 
stress measurements taken in the stenotic model shown in (d), after calibration with the curve shown in (c). The histograms are an average 
of 8 different trials with 30 measurements made at each trial. The dashed lines show the analytical calculations; error bars represent the 
average ± standard deviation. (f) Wall shear stress measurements taken in a bifurcating channel at three different locations (black bullets), 
after calibration using the curve shown in (c). Histograms represent 10 different trials with 30 measurements at each trial. 

 

The input to the heater was a 10-ms current pulse with 4 mA peak value, and the sensor resistance 
was recorded at 5 kHz sampling rate (Figure 4.14b). A single temporal readout was acquired within 
150 ms under physiologically relevant fluidic regimes. The speed of sensing allowed real-time interro-
gation of the flow during navigation. We performed a series of measurements at the wall of a channel 
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with 2 × 2 mm2 cross-sectional area at varying fluid velocities. The data showed an exponential de-
crease in the TOF with increasing ū (Figure 4.14c). However, the extracted calibration curve gave inaccu-
rate results in channels with different cross-sectional area. The measurements were strongly influ-
enced by the position of the µ-probe as a manifestation of the parabolic flow profile. Notably, the small 
ratio between the thermal over the flow boundary layer thickness dictates that the convection of gen-
erated heat is governed by the velocity gradient on the surface of the µ-probe. As a result, we calibrat-
ed the TOF with respect to the wall shear stress, τwall, which captures the effects of channel geometry 
on the thermal convection. The wall shear stress was computed from the fully developed flow profile, 
which was extracted using the Fourier sum approach260 (see Supplementary Note 3). Finite element 
method (FEM) simulations quantitatively showed that the measurements were indeed highly local 
around the sensor unit (i.e., thermal boundary layer much smaller than flow boundary layer). Thus, 
the heat convection was dictated by the flow profile and hence the τwall (see Supplementary Note 4). 

To validate the calibration curve at different channel geometries and flow conditions, we made on the 
fly measurements of τwall while being navigated within structured channels. The µ-probe was deployed 
into a stenotic region where the cross-sectional area of the channel was reduced from 2 × 2 mm2 to 
1 × 1 mm2 (Figure 4.14d). Empirical data recorded at the pre-stenotic and stenotic regions varied only 
by 2.1% and 13.9% from the analytically calculated values (Figure 4.14e and Table 1).  

 

Table 1 Flow velocity and shear stress measurements. Comparison between the analytical and empirical values of flow velocity and wall 
shear stress under different conditions. Flow velocity and shear stress were calculated from the input flow velocity and measured using the 
microfabricated flow sensor. Number in parenthesis corresponds to the incremental factor with respect to the levels in the pre-stenosis or 
vessel 1. 

The relative increase in τwall was approximately eightfold as expected from the relation τwall∝ (ū h-1) 
where h is the height of the channel. As a final demonstration, we verified that magnetic actuation and 
bending of the filament did not interfere with the flow measurements. The µ-probe was navigated in a 
channel with two branches that had a different cross-sectional area (Figure 4.14f and Figure 4.15a). 

https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM1_ESM.pdf
https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM1_ESM.pdf
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The µ-probe was successfully positioned at both branches, and the shear stress measurements were 
close to the calculated values with 4.6%, 8.5%, and 9.0% error, respectively (Table 1). The repeated 
measurements performed at different locations and with three different µ-probes showed reliable 
measurement and manufacturing (Figure 4.15b). 

 

Figure 4.15 Characterization of the flow sensor. (a) Pictures of the experimental channel where flow measurements were taken. The 
mother vessel bifurcates into two daughter vessels with different cross-sectional area. Thus, the fluid velocities are expected to be different. 
Scale bar is 10 mm. (b) The repeatability of the measurements was verified in a 2 mm x 2 mm channel using three different µ-probes and by 
performing three independent trials with each µ-probe (n = 9). Mean value is marked with black dots. 

4.2.8 Ex vivo demonstration using µ-probes and microscopic catheters (µ-catheters) 

To test the feasibility of the navigation of the µ-probes under physiological conditions, we performed 
ex vivo tests on perfused rabbit ears (Figure 4.16a). The favourable transparency of the tissue allows 
standard camera imaging of µ-probes without requiring advanced medical angiography systems. 
Moreover, the subcutaneous position of the vessels enables the percutaneous insertion of the µ-probes 
with our hypodermic insertion device. We first injected a blue ink into the central artery to map the 
arterial system (Figure 4.16b). Four target locations were chosen (denoted by capital letters) and 
three layers of bifurcations were marked (i, ii, and iii). The ear was perfused with a saline solution at a 
constant flow rate between 30–90 μl s−1. A µ-probe with ØH = 150 μm and LH = 3 mm and 4 μm × 250 μm 
body cross-section successfully reached all target locations through CH navigation under 3 s with an 
average advancement velocity of 1 cm s−1 (Figure 4.16c, Supplementary Movie 10). So far, to navigate 
inside biomimetic phantoms, we applied a magnetic field that is perpendicular to the orientation of the 
main artery and tuned the strength of the magnetic field to guide the tip to the chosen daughter artery. 
Here, we applied a magnetic field with constant field strength and dynamically tuned its orientation to 
align the µ-probe head along the direction of the chosen daughter artery. We anticipate that this strat-
egy will be easier to implement in clinics. The µ-probe entered all the physically fitting vessels, with no 
apparent friction arising from vessel walls and without causing any perforation. In fact, ex vivo tests 
revealed excellent lubrication capabilities compared to in vitro experiments. 

https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM13_ESM.mp4
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Figure 4.16 Navigation and operation of µ-probes in perfused ex vivo rabbit ears. (a) Schematic representation of the vascular system 
in the rabbit ear. Red arrow marks the central artery ramification and blue arrows indicate the venous system. (b) Ink-perfused ear at the 
proximal central artery, highlighting the main arterial branches. Bifurcation is marked with roman letters (i, ii, and iii) while the targets 
locations are marked with capital letters (A, B, C, and D). Scale bar is 20 mm. (c) A µ-probe with 150-μm diameter and 3-mm long magnetic 
head was proximally inserted into the vasculature using the perfusion-based insertion system at a flow velocity between 0.5 and 1.5 cm s−1. 
White dashed lines outline the µ-probe for clarity. Scale bar is 10 mm. (d) A picture of the magnetic µ-catheter tube. A blue ink is injected 
through the µ-catheter. Scale bar is 5 mm. (e) Positioning of the µ-catheter head at target locations and localized injection of the ink. A total of 
9 rabbit ears were used. Scale bar is 10 mm. 

Slender filaments in different forms and material composition may further extend the capabilities of 
the proposed concept of flow-driven navigation. Conventional catheters are manufactured as tubes 
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that enable injection of contrast agents and embolization agents or even allow the collection of blood 
clots. Motivated by these capabilities, we fabricated elastomer microtubes using a thermal polymeriza-
tion technique. A tubular magnetic head was glued to the distal end of the flexible tube to complete the 
μ-catheter. This protocol allows fabricating Polydimethylsiloxane (PDMS) µ-catheters with an outer 
diameter as small as 120 μm and several cm-long (Figure 4.16d). Upon perfusion through the inser-
tion system, the hydrodynamic forces transported the flexible μ-catheter inside the vessels of the rab-
bit ear, and magnetic steering allowed the device to navigate through bifurcations. To demonstrate the 
potential for endovascular embolization or targeted drug delivery, we temporarily stopped the perfu-
sion and injected a blue dye at various locations within the vascular network (Figure 4.16e and Sup-
plementary Movie 11). The diameter of the vessels, where the dye injection was performed, were es-
timated from the evacuation speed of the dye upon re-activation of the perfused flow. Assuming equal 
flow distribution at the first two bifurcations and no other prior bifurcation, we estimated the diame-
ter of the artery at the point D to be 300 μm. Experimental observation corroborated with this estima-
tion; the µ-probe in Figure 4.16c got stuck at point D, indicating a vessel diameter in the order of the 
largest feature of the µ-probe, which was 250 μm. 

4.2.9 Translation of the technology to in vivo applications 

By actuating the head of the µ-probes with uniform magnetic fields that are relatively weak and vary 
slowly, we provided a technology that can be directly translated to in vivo studies. Human-sized mag-
netic control systems such as Stereotaxis Niobe and Aeon Phocus are capable of generating magnetic 
fields with the required strength, complexity, and speed242,261. On the other hand, interventional neuro-
radiologists usually perform endovascular operations using the visual feedback provided by a fluoro-
scope. To this end, we verified the visibility (i.e., radiopacity) of the magnetic head inside an ex vivo 
rabbit head and an anthropomorphic head phantom using two different fluoroscopes that are regular-
ly used in the operating room (Figure 4.17). We could track magnetic structures as small as 75 µm 
while more advanced systems can resolve even smaller structures. The image quality can be further 
enhanced with the incorporation of radiocontrast agents such as iodine and barium into the magnetic 
head. Thanks to the minimal external control required by our navigation strategy, it would be possible 
to drastically reduce X-ray exposure. Another potential concern is the magnitude of forces applied to 
the vessel walls during the advancement and retraction of the µ-probe. We built an analytical model by 
approximating the configuration as a belt friction system262 and developed a series of experimental 
platforms that can report traction forces on the µ-probe during navigation inside the phantoms 
(Supplementary Note 5). The results showed that the normal and tangential forces are on the order of 
10−4 N while the forces recorded with conventional endovascular catheters are on the order of 
100 N263,264. 

https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM14_ESM.mp4
https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM14_ESM.mp4
https://static-content.springer.com/esm/art%3A10.1038%2Fs41467-020-20195-z/MediaObjects/41467_2020_20195_MOESM1_ESM.pdf
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Figure 4.17 Imaging of µ-probes using two different fluoroscopes in realistic environments. (a,b) Optical images of the samples under 
test. The composite consists of PDMS:NdFeB microparticles that was mixed at a 1:1 volume ratio. The diameter of the magnetic samples 
varied between 150 µm and 350 µm. (c) Fluoroscope images (Canon Alphenix Sky+, 200 µm resolution) of the magnetic structures (top) 
placed in an ex vivo rabbit head (bottom). (d) Fluoroscope images (Canon Alphenix Core+, 76 µm resolution) of the magnetic structures (top) 
inside an anthropomorphic head phantom (bottom). Scale bars are 5 mm. 

In both in vitro and ex vivo experiments, we were perfusing the vessels with a saline solution, and the 
same perfusion system was coupled to the insertion device for the deployment of the µ-probe. In in 
vivo trials, the injection device must engage to the existing cardiovascular pumping system through 
proper cannulation. We devised a deployment system for subcutaneous insertion of the µ-probes us-
ing standard flexible cannulas (Figure 4.18). Analogous to the previous version of the insertion sys-
tem shown in Figure 4.1b, the system comprises of a rigid rod for controlling the deployment of the µ-
probe, a commercially available Y-shape adapter for perfusion, and a flexible cannula for the injection. 
The flow was provided by an IV-bag instead of the peristaltic pump. The hydrostatic pressure was suf-
ficient to provide a gentle flow that drags the µ-probe into the vessel.  
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Figure 4.18 Flow-driven deployment using off-the-shelf equipment. (a) A standard cannula was connected to the insertion device that is 
perfused by a standard pressurized IV-bag. (b) Snapshots of a cannulation process of a PDMS phantom. Scale bars are 30 mm and 5 mm 
(inset). 

We have also developed a hybrid toolkit that combines our technology with commercially available 
catheters and guidewires. Here, the µ-probe was attached to the tip of a 300 µm guidewire that moves 
inside a 3F (French) catheter (Figure 4.19). Proximal perfusion through a 5 mL syringe or a pressur-
ized IV-bag was again sufficient to provide the drag forces to keep the µ-probe in tension. The main 
advantage of this modification is the compatibility of the technique with standard surgical protocols.  
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Figure 4.19 Flow-driven deployment using commercially available endovascular catheter. (a) A 3 F catheter is connected to a perfu-
sion syringe and a pressurized IV-bag. The µ-probe (∅150 µm x 2 mm magnetic head) is glued to the guidewire and pulled into the catheter. 
Upon introduction of perfusion, pushing the guidewire allows the µ-probe to exit the catheter (right). (b) Demonstration of the hybrid cathe-
ter/µ-probe device. Once the catheter reaches places that it cannot advance (e.g., a high curvature turn), it can deploy the µ-probe that can 
effortlessly advance with the flow and reach the target location. Scale bars is 5 mm. 

As a final remark, clot formation during navigation in blood vessels is a critical risk factor. We evaluat-
ed the anticoagulant properties of our µ-probes using fresh human blood. The µ-probes induced nei-
ther platelet activation nor platelet aggregation, revealing that the polymers that the chosen polymers 
do not induce thrombus formation in their original finishing (Figure 4.20). The surface properties of 
the µ-probes may be modified if needed using an additional bioinspired omniphobic surface coating, 
that was previously shown to drastically enhance anti-fouling and anti-coagulation properties of med-
ical devices265. 

 

Figure 4.20 Hemocompatibility assay on fresh human blood under high shear stress condition. Three different samples were tested, 
Kapton film (K: 0.004 x 0.2 x 10 mm3), magnetic head with silica-coated magnetic particles (H: ∅0.3 mm x 1 mm), and whole µ-probe (P: K + 
H). Negative and positive control are platelet rich plasma (PRP – non-activated platelets) and PRP exposed to collagen type-I (PRP+Col-I – 
activated platelets). (a) ATP release from platelets was measured using luciferin-luciferase reaction. (b) Platelet aggregation was measured 
using absorbance (595 nm). The aggregation % was defined by the transmission of light through non-activated PRP, represented as 0 % 
aggregation, and through platelet-poor plasma (PPP) as 100 % aggregation. Both techniques have been vastly used in the platelet field to 
investigate the thrombogenicity of different materials and devices. Values were compared with the non-activated platelet, (***P < 0.001, PRP) 
by one-way ANOVA followed by Dunnett’s post hoc test (SEM, duplicate average from four independent experiments). 
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4.3 Discussion 
The ability to reach very peripheral vessels or to access those that are currently too small to be cathe-
terized may allow endovascular specialists to penetrate the so-called perforating arteries, thereby 
giving access to therapeutic options in structures such as the brain stem, the retinal arteries or the 
basal ganglia. Such access might open new therapeutic options to treat deep-seated or very peripheral 
tumours inside the brain and target thromboembolic diseases. The technology we have developed may 
open new perspectives in the work up and management of neurological disorders such as epileptic 
seizures. Moreover, the concept of transporting multiple µ-probes with the flow will allow easier pene-
tration in the depths of arteriovenous malformations. Other delicate structures that could benefit from 
enhanced atraumatic peripheral navigation are the spinal arteries that are known to be fragile and 
dangerous to catheterize. Aside from clinical potential, we foresee a clear path on long-term recording 
and stimulation of neural tissues through arterial access. Seminal work has shown that these tasks can 
be performed in cerebral veins using large stent-shaped electrodes93,122. The ability to simultaneously 
deploy multiple leads will enable 3D mapping of activity and spatiotemporally controlled activation at 
multiple sites. Optogenetics emerged as a versatile technique to address numerous scientific questions 
in neuroscience233,266,267, however, state-of-the-art stimulation devices are bulky and invasive. With our 
technology, for the first time, we showed that accessing deep brain regions through the endovascular 
path is technically feasible. This will enable surgery-free optogenetic stimulation using designer µ-
probes. 
 
The µ-probes were fabricated using conventional clean-room technology, thus, they can be produced 
in large numbers and decorated with sophisticated electronic circuits268. While thin-film techniques 
manufacture electronic µ-probes with high fidelity, the space provided by silicon wafers is currently 
imposing a limit in the total length of the devices. Alternative manufacturing techniques such as ther-
mal drawing269,270 and 3D printing271 enable production of metre-long smart fibres and electronic de-
vices. The navigation paradigm is not dependent on the material choice. We can tune the bending stiff-
ness of microfabricated devices by changing their design so that flow-driven navigation would work. 
We demonstrated this versatility by manufacturing devices from a wide range of stiffnesses, PDMS 
(Young’s modulus: 10 MPa) and Kapton (Young’s modulus: 4 GPa). Devices can be fabricated from 
medical-grade polymers that are used to manufacture commercially available catheters such as polyu-
rethane and polyethylene. The design paradigm can also be adapted to hydrogels such as gelatin and 
N-isopropylacrylamide (NIPAAm), opening up the floor for biodegradable electronic devices272 and 
programmable soft micromachines273. 

4.4 Materials and methods 

4.4.1 Experimental platform 

The experimental setup consists of an electromagnetic manipulation system, a linear positioner, and a 
fluid circuit (Figure 4.21). The 3-axis nested Helmholtz coil system was designed following the in-
structions provided elsewhere274. Homogenous magnetic fields are generated within a volumetric 
space of 94 × 53 × 22 mm3 with a maximum B of 50, 60, and 85 mT, respectively. The current flowing 
through the coils is provided by three sets of power supplies (S8VK 480 W, Omron and SM 52-AR-60, 
Delta Elektronika) and servo controllers (Syren25 and Syren50, Dimension Engineering), which are 
modulated using an analog/digital I/O PCi Express board (Model 826, Sensoray). The off-the-shelf 
motorized stepper-motor linear positioner controls the forward and backward motion of the connect-
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ing rod and, as a result, the position of the μ-probes. Teleoperation of µ-probes was performed using a 
3D mouse (3DConnexion) and keyboard. The fluid flow was provided by a peristaltic pump (LP-
BT100-2J, Drifton). The oscillations in pressure were dampened using a Windkessel element. A solu-
tion of 42.5 wt% of glycerol (Sigma-Aldrich) in deionized water was used as a blood analogue. Visuali-
zation of the μ-probes inside the phantoms was performed using CMOS camera (acA4024-29uc, 
Basler). We built an illumination system from smartphone backlights. 

 

Figure 4.21 Experimental platform. (a) Digital to Analog Converter (DAC) card allows real-time communication between the computer and 
the hardware. The servo drives adjust the current provided by the power supplies to the coils. The linear positioner allows controllable 
release of the µprobe through the rigid rod of the insertion system. Windkessel system is placed between the peristaltic pump and the perfu-
sion-based insertion system to dampen the flow oscillations from the pump. Visual feedback for teleoperation is provided by a CMOS camera. 
Drawings are not to scale. (b) Picture of the experimental platform. 

4.4.2 Fabrication of biomimetic phantoms 

Phantoms were fabricated using two different techniques. The first method allows fine control over 
the design of complex channels that reside on a single plane. Devices drawn with CAD software (Auto-
desk Fusion360) were printed using a 3D stereolithography printer (Formlabs 2) from a transparent 
resin (Clear resin, Formlabs). The surface of the printed piece was coated with a UV-glue (NOA81, 
Thorlabs) to optimize optical transparency. A second method that is based on a recently published 
report275 was developed for fabricating 3D phantoms. A sacrificial negative mould was fabricated from 
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1.75-mm diameter water-soluble poly vinyl alcohol (PVA) filaments used in extrusion 3D printing. The 
PVA filament can be manually shaped using the thermoplastic properties of the material. The filament 
was heated above the glass temperature with a heat gun prior to shaping. Increased temperatures 
allow the bonding of filaments and the formation of bifurcations. The PVA mould was then casted in-
side PDMS (Sylgard 184, Dow-Corning) scaffold prepared at a 10:1 mass ratio (prepolymer: curing 
agent) and partially cured at room temperature overnight. A final curing step in the oven at 65 °C for 
2 h ensured complete polymerization without deforming the PVA mould. The PVA mould was dis-
solved in water in a sonicating bath (CPX3800H-E, Bransonic) at 60 °C for a few days. Off-the-shelf pen 
ink was injected into the channels to enhance optical contrast between fluidic channels and the back-
ground. 

4.4.3 Computational model 

The filament was discretized in n elements of lengths li as shown in Figure 4.5a. The fluid velocity at 
each node was projected onto a local coordinate system. The Stokes hypothesis does not hold for the 
whole range of Reynolds numbers encountered in the experiments (Re∼0.01–1000). Therefore, vis-
cous forces at each node, Fi⊥ and Fi|| are calculated from the normal and tangential components of the 
velocity at that node, Ui⊥ and Ui||, using an extended resistive force theory276 that takes inertial effects 
into account. The proximal tip of the µ-probe was clamped while the distal tip was kept free. A lumped 
model for the discretized filament was derived from the pure bending beam equation. Each node has a 
torsional stiffness ki = (EI) (li)-1 where E is the elastic modulus and I is the area moment of inertia. We 
determined the relative bending angle at each node from the total torque generated by elastic, magnet-
ic, and viscous stresses. An iterative method277 was implemented to solve the lumped model for large 
macroscopic deformations. We refer the reader to Supplementary Note 1 for the details of the formula-
tion. 

Two-dimensional (2D) CFD simulations of the flow inside the vessels were performed using an open-
source software (OpenFOAM). The CAD design of the phantoms was used to extract the boundaries of 
the vessels. The cartesian2DMesh module of cfMesh was used to create the two-dimensional meshes of 
the channels with boundary layer elements. The initialisation of the flow was done using potential-
Foam and the incompressible steady-state laminar Navier-Stokes equations were solved with simple-
Foam. 3D CFD and FEM simulations were performed using COMSOL Multiphysics software. 

4.4.4 Fabrication of electronic µ-probes 

The flow sensor has been fabricated by standard microfabrication techniques. A silicon (Si) wafer, 4-
inch, has been primed by oxygen (O2) plasma for 5 min. A thin layer of polyimide (PI, PI2611 Hitachi 
Chemical DuPont MicroSystems GmbH, 3 μm) has been spin-coated at 4000 RPM for 30 s. Curing of the 
polymer required an initial soft bake at 75 °C and at 115 °C for 3 min for each temperature, followed 
by a gradual hard bake. (3 °C min-1 temperature ramp from room temperature to 200 °C under normal 
atmosphere, 1 h bake at 200 °C under N2 atmosphere, 3 °C min-1 temperature ramp to 300 °C and bake 
for 1 h under N2 atmosphere and temperature decrease to 200 °C; room temperature restoration un-
der normal atmosphere). After the PI surface activation by argon plasma, a titanium/platinum (Ti/Pt 
10 nm/275 nm) adhesion/conductive layer was sputtered (Alliance Concept AC450). Patterning of the 
traces has been performed by spin-coating of positive photoresist (AZ9260, 8 µm), baking at 110 °C for 
240 s, rehydrating at room temperature for 20 min followed by UV exposure (Heidelberg Instruments 
MLA150, 405 nm and 340 mJ cm-2) and development (AZ400K for 360 s). Pt excess was removed by 
chlorine dry etching (Corial 210IL). Photoresist residuals have been removed by slow O2 plasma for 1 
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min (Corial 210IL) and dipping for 5 min inside a Remover 1165 solution at 60 °C. To add the two ser-
pentines, serving as temperature sensor and heater, another 25 nm-thick layer of platinum has been 
sputtered over the wafer, after surface activation by argon plasma (Alliance Concept AC450). To define 
the serpentines shapes a positive photoresist mask has been spin-coated (AZ1512, 2 μm) over the thin 
platinum layer, soft baked at 110 °C for 90 s, patterned by UV exposure (Heidelberg Instruments 
MLA150, 405 nm and 104 mJ cm-2) and developed (AZ 726 MIF developer for 45 s). Excess platinum 
was then dry etched with chlorine (Corial 210IL). To remove photoresist residual, O2 plasma has been 
used for 1 min, the wafer has then been dipped in a Remover 1165 solution at 60 °C for 5 min. Before 
encapsulation of the device, an adhesion promoter (VM652) has been spin-coated. Encapsulating PI 
(PI2610 Hitachi Chemical DuPont MicroSystems GmbH, 1 μm) has been then deposited at 4000 RPM 
and cured by soft and hard bake (same process as above). Opening of the contacts has been done using 
a positive photoresist mask (AZ1512, 2 μm exposed by Heidelberg Instruments MLA150, 405 nm and 
104 mJ cm-2 and developed by AZ 726 MIF developer for 45 s) and PI etching by O2 plasma (Corial 
210IL). Final stripping of photoresist residuals has been carried out by dipping the wafer in a Remover 
1165 solution at 60 °C for 5 min. The borders of the µ-probe have been then laser cut (Optec MM200-
USP) to 300 µm x 65 mm rectangles and detachment from the wafer has been done manually. 

Generic µ-probes for fluid-structure interactions studies have been prepared by spin-coating on a 4-
inch Si wafer a 4 µm-thick layer of PI (PI2610 Hitachi Chemical DuPont MicroSystems GmbH) and bak-
ing with the same process as above. A positive photoresist (AZ1512, 2 μm exposed by Heidelberg In-
struments MLA150, 405 nm and 104 mJ cm-2 and developed by AZ 726 MIF developer for 45 s) has 
been used as mask for sputtering (Alliance Concept AC450) a 100 nm-thick layer of gold in stripes of 
250 µm-width and 9 cm-length, followed by lift-off in acetone. The µ-probes borders have been then 
laser cut (Optec MM200-USP) and detachment from the wafer has been done manually. Finally, gener-
ic µ-probes without gold, have been fabricated as the latter without the gold deposition and laser cut-
ting stripes of different widths varying from 25 µm to 300 µm. 

The magnetic head for all µ-probes was fabricated from a composite of PDMS and Neodymium Boron 
Iron (NdFeB) microparticles with an average diameter of 5 μm (Magnequench, Germany), mixed at a 
mass fraction of 1:1. The structures were cured at 65 °C in the oven in a custom-made mould. The size 
of the cylindrical magnetic heads varied from 40 to 350 μm in diameter and from 100 μm to 3 mm in 
length. Magnetization was performed using an impulse magnetizer (Magnet-Physik) at a field strength 
of 3500 kA m−1. The magnetic head was attached to the distal end of the Kapton ribbon using epoxy 
and manual positioners (Thorlabs). The electrical measurements were performed using a sensitive 
dual-channel source measure unit (Keysight B2902A). 

4.4.5 Fabrication of µ-catheters 

Microfluidic µ-probes were fabricated by following a simplified version of a previously described pro-
tocol278. In brief, a 40-μm-diameter tungsten wire (Goodfellow) was immersed in PDMS (10:1 ratio) 
and heated with the electrical current at a density of 320 A mm−2. Thermal dissipation provided by 
Joule’s heating ensured local polymerization around the wire. The thickness of the PDMS µ-catheter 
was determined by the time of polymerization. The wire coated with the polymerized PDMS was then 
immersed in an acetone bath and vigorously agitated to remove uncured PDMS. After completing cur-
ing in an oven at 65 °C for 2 h, the tungsten wire was first gently and mechanically disengaged from the 
PDMS coat using tweezers. Next, to apply a distributed load, the PDMS μ-catheter was sandwiched 
between two sheets of PDMS and the tungsten wire was gently pulled out while applying pressure on 
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the PDMS sheets. A tubular magnetic head was bonded to the distal end of the μ-catheter using PDMS 
as a glue and a tungsten wire to prevent clogging. 

4.4.6 Ex vivo experiments 

Navigation experiments were performed with ex vivo Rex rabbit (weight between 2.8 and 3.5 kg, age 
~4 months) ears immediately following their delivery. The ears were perfused with phosphate-
buffered saline (PBS) solution 1X (Sigma Aldrich) in the central artery shortly after excision. The μ-
probes were introduced into the central ear artery using the insertion device and a 21 G hypodermic 
needle. A 3 × 10−3 w/v% of Pluronic-F127 solution (Sigma Aldrich) was added to the PBS solution to 
avoid adhesion of the PDMS tubes to the barrel of the insertion system. Mean perfusion flow was main-
tained at a rate of 90 μl s−1. A total of nine ears were used throughout the experiments. The ears were 
obtained from a local farm (La Ferme Aebischer, 1595 Faoug, Switzerland). 

4.4.7 Platelet aggregation and activation 

Fresh human blood samples were collected from the Health Point at EPFL. Platelet-rich plasma (PRP, 
300 µL) was added to the wells containing the devices, and the plate was agitated for 15 min, 1200 
RPM at room temperature. Platelet aggregation was measured using a plate reader (595 nm – Perki-
nElmer, Victor X3). For the platelet activation test, the ATP release from activated platelets was meas-
ured using luciferin-luciferase reaction, as previously described279. In brief, Luciferin-luciferase ATP 
reaction buffer (ATP mix) was prepared using 200 μg mL−1 of luciferin, 40 μg mL−1 of luciferase, 
2.4 mg mL−1 of bovine serum albumin, and 2.4 mg mL−1 MgSO4. 100 µL ATP mix were added into the 
well containing the samples previously agitated for 15 min, 1200 RPM at room temperature before 
measuring platelet aggregation using absorbance. Four independent experiments were performed for 
both tests using blood from four different donors (2.75 × 105 µL−1 to 3.66 × 105 µL−1 – PRP concentra-
tion among donors). Collagen-I (10 µg mL−1) was used as positive control and PRP incubated with PBS 
was used as negative control. All protocols were approved by the Swiss ethics committee (project-ID 
2017-00732). 

4.4.8 Fluoroscope images 

X-ray images of the magnetic structures were taken using two different fluoroscopes, Canon Alphenix 
Sky+ with 200-µm resolution and Canon Alphenix Core+ with 76-µm resolution, inside an ex vivo rab-
bit head or an anthropomorphic head phantom. 
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Chapter 5 Locomotion of sensor-integrated 
soft robotic devices inside sub-millimetre ar-
teries with impaired flow conditions 
 

The goal addressed in this chapter is the adaptation of the previously presented endovascular naviga-
tion system to locations where the blood flow is absent and flow-driven navigation is impaired.  
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5.1 Introduction 
Interventional cardiology and neuroradiology have revolutionized medicine by offering minimally 
invasive endovascular procedures to treat various life-threatening conditions such as stroke, arterio-
venous malformations, aneurysms, atherosclerosis, and cancer223,224,280–283. In the majority of these pro-
cedures, the physician manually steers a guidewire to the target site with the aid of a fluoroscope, a 
real-time X-ray imaging system. The guidewire serves as a guide during the placement and removal of 
the larger tube-shaped catheter. Steering guidewires and endovascular devices using robotic actuation 
promise to improve the speed, safety, and efficacy of interventions238,240,244,246–250,284–293. Integration of 
electronic devices on endovascular instruments such as force, temperature, pressure, and flow sen-
sors294–296 facilitated the development of intelligent machines that are capable of navigating the cardio-
vascular system autonomously297. Sensor-integrated catheters have been miniaturized to millime-
ter298–301 and even micrometre scale302 using microengineering methods. Despite these technological 
advances, catheterization of tortuous small vessels using the conventional push-based navigation 
technique is still tedious, time-consuming, and can damage the vasculature. As a result, a significant 
portion of the human vasculature remains clinically inaccessible to tethered diagnostic and therapeu-
tic tools. 

We have recently discovered a navigation method that exploits hydrokinetic energy to transport ultra-
flexible microfabricated electromechanical devices without the aid of a guidewire127. The devices were 
designed to have a cross-sectional profile that drastically increased their compliance, allowing the 
coupling between their motion and the dynamics of the blood flow inside tortuous vessels. The ribbon 
shape also affords the incorporation of onboard flow sensors using conventional cleanroom tech-
niques. Homogenous magnetic fields are applied at vasculature bifurcations to tilt the magnetic head 
and generate lift forces, to facilitate the entry of the tip into the target lumen. The dependence on the 
hydrodynamic force, however, prohibits the use of this technology in situations where blood flow is 
impaired, namely in obstructed arteries. The obstruction could be caused by embolism, thrombosis, 
and traumatic injury, all of which would require endovascular monitoring and interventions. 

Here, we present a wireless actuation methodology to transport ultraflexible sensor-integrated robots 
throughout the microvasculature without the aid of physiological flow. Recent work has shown that 
small pieces of magnetic elastomer sheets could be actuated using time-varying homogeneous magnet-
ic fields to generate undulatory motion or inchworm-like gait within closed channels253,303,304. The idea 
of magnetically actuating and steering endovascular instruments precedes the use of guidewires, and 
magnetic navigation was extensively explored by the para-operation device (POD) catheters, although 
at much larger scales305–307. Inspired by these studies, we postulated that the thrust generated by an 
undulating magnetic head could pull an ultraflexible tether inside vessels with the impaired flow (hy-
poperfusion) or no flow. The soft robotic device consists of a flexible polyimide ribbon that carries 
onboard sensors, and a head made of a magnetorheological elastomer (Figure 5.1a). We systematical-
ly explored the geometric design and magnetization of the head as well as the waveform of the actua-
tion signal to optimize the navigation performance. 
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Figure 5.1 Development of the sensor-integrated soft robotic device. (a) Illustration showing the individual components of the device; 
the polymer tether (250 μm × 3 μm cross-section) with embedded flow sensor and the ferromagnetic head. Yellow arrows indicate the align-
ment of the magnetic dipoles. (b) (Left) Illustration showing the roll, pitch, and yaw axes of the device inside a rectangular channel. (Right) 
Upon application of the actuation field, 𝐵𝐵N, the head bends and contacts the channel walls. (c) The shape of an untethered magnetic head 
along with the shape the same head takes when it is attached to the tether and inserted into a 0.3 mm-wide rectangular channel. The rotating 
uniform magnetic field is applied on the Roll–Yaw plane. 

5.2 Results and discussion 
The first prototype consists of a ribbon-shaped head with an axially symmetric harmonic magnetiza-
tion profile. The device was inserted into a channel phantom such that the Roll axis was parallel to the 
longitudinal axis of the channel (Figure 5.1b). A rotating circular magnetic field of nominal magnitude 
𝐵𝐵N and frequency f imposes periodic spatiotemporal torques on the internal magnetic dipoles. This 
periodic magnetic field generates undulations of the head, which effectively pull the tether inside the 
saline-filled rectangular channels (Figure 5.1c). 

A robust kinematic performance was achieved when the magnetic field was rotated on the plane 
where the Yaw and Roll axes reside—hereon referred to as the “actuation plane”. It is generally ac-
cepted that undulatory motion follows the following pattern: higher actuation frequencies generate 
higher forward velocity provided that the magnetic field is strong enough to dictate the deformation of 
the head. We performed a parametric sweep of the magnetic field (from 5 mT up to 40 mT) and the 
actuation frequency (from 1 Hz up to 30 Hz) within the capabilities of the electromagnetic system. The 
highest forward velocity was recorded at f = 20 Hz and 𝐵𝐵N = 25 mT (Figure 5.2a). The channel width, 
𝑤𝑤, is also expected to play an important role in the crawling of the head. The forward velocity of the 
devices monotonically increased with increasing w up to a certain threshold, reaching a maximum 
value of 2.46 mm s−1. The velocity was able to increase because the head could attain larger amplitude 
strokes during each actuation cycle (Figure 5.2b). Increasing w further led to a reduction in velocity 
because the structures struggled to contact the walls. 
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Figure 5.2 Velocity - 𝐵𝐵/w analysis. The effect of the magnetic field amplitude and the actuation frequency on the average velocity of the 
robot in a 300 μm-wide flat channel. 

Blood vessels have nominally circular profiles; thus, tests performed inside rectangular channels may 
not be representative of cardiovascular interventions. Indeed, the device could not reliably move for-
ward inside phantoms with a circular cross-sectional profile. Unlike rectangular channels, round 
channels do not restrain the device from rolling, and as a result, mechanical instabilities generated by 
torsion led to erratic twists (Figure 5.3a). Notably, the distal tip of the head twists around the roll axis, 
and this undesirable deformation propagates backward (Figure 5.3b and Movie S1, Supporting Infor-
mation). As a result, the magnetic dipoles gradually drift away from the actuation plane, which gener-
ates torsion, and ultimately disrupts the overall motion. This observation is consistent with the results 
of a recent article wherein untethered magnetic devices were reported to display erratic motion inside 
circular channels304. This issue could be addressed by rotating the untethered devices like a screw or 
rolling them like a wheel. However, these modes of locomotion are not suitable for tethered devices as 
a continuous rotation of the head can cause twisting or wrapping of the tether and is mechanically 
limited by the construction. 

https://onlinelibrary.wiley.com/action/downloadSupplement?doi=10.1002%2Faisy.202100247&file=aisy202100247-sup-0001-SuppData-S1.zip
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Figure 5.3 Robust crawling inside channels with a circular profile. (a) A mechanical instability is generated when the magnetic head 
twists, which is accompanied by the loss of contact with the channel wall. (b) Snapshots from the actuation of the rectangular magnetic head 
inside a circular channel. (c) Illustration showing a width-tapered magnetic head inside a circular channel. (d) Snapshots of the device crawl-
ing through a 1 mm-diameter channel with a 90°-turn. (e) Shape of the dumbbell magnetic control function at different Γ values. (f) Snap-
shots over an actuation cycle showing beneficiary effects of the tapered head design on the stabilization of the pose. The channel diameter is 
1 mm. (g) Bar plot highlighting the synergistic effects of using a tapered magnetic head and the dumbbell waveform on the forward velocity 
of locomotion. Scale bars are 500 μm. 

We propose two complementary upgrades to avoid mechanical instabilities during actuation and gen-
erate propulsive undulations over the course of navigation. First, we postulated that the twisting of the 
elastic head could be constrained at the distal tip by decreasing the torsional rigidity at this region. 
The angle of twist, θ, scales inversely with the torsional stiffness as follows. 

θ =
TL
GJ

 

Equation 1 

where G is the shear modulus of the material, J is the polar moment of inertia (the product GJ/L can be 
interpreted as the torsional stiffness), T is the applied torque, and L is the ribbon's length. For the rec-
tangular geometry of the magnetic head, the torsional constant in Equation 1 is given by: 
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where  𝑎𝑎R  and  𝑏𝑏R  denote the width and the thickness of the ribbon, respectively308. We designed the 
head as a linearly decreasing taper that confines the twist at the tip, therefore, protecting the rest of 
the head from the out-of-axis deformation. This intuition can be supported by modal analysis. When 
calculating the first normal vibration mode of ribbons, tapering the ribbon shifts the nodal point to-
ward the distal tip (Supplementary Note 1)309. It is also found that the relative torsion magnitude, at a 
given axial position, is decreased with increased taper angle. 

To further clarify the role of the taper, we made a mesoscale demonstration where we rotated one end 
of magnetic elastomer structures by 180° while keeping the other end clamped (Figure 5.4a). While 
the half-torsion point was situated exactly in the middle between the two ends of the structure with a 
rectangular shape, repeating the same procedure with a tapered structure resulted in the appearance 
of the half-torsion point closer to the tapered end. Following this insight, we fabricated a magnetic 
head with an isosceles trapezoid shape, where the proximal base a1 is larger than the distal base a2. 
The taper index is defined as = 𝑎𝑎2−𝑎𝑎1

𝑎𝑎1
, and we fixed this value at 𝛿𝛿 = −0.4 (Figure 5.3c), which we found 

empirically to be an optimal trade-off between torsional-response and magnetic volume. Smaller δ 
values would improve stability but also decrease the magnetic volume at the tip. We found that taper-
ing the width of the head substantially improved the mechanical stability of the structure, and as a 
result, facilitated progressive navigation. We tested the manoeuvrability of the devices in many differ-
ent channels, with 90° turns at various radii R, and found that navigation is guaranteed for 
0.5 < R < 5 mm (Figure 5.3d). At radii smaller than 0.5 mm, the advancement often failed due to insuf-
ficient contact with the channel walls. 

The diameter is expected to change in obstructed arteries. We tested whether the magnetic head could 
advance in a channel with a varying diameter. To this end, we fabricated an hourglass-shaped glass 
capillary using thermal pulling. The inner diameter of the channel decreases from 0.9 to 0.6 mm in the 
middle of the stenotic region (Figure 5.4b). Once actuated with as field of 𝐵𝐵N = 15 mT and f = 5 Hz, the 
device managed to navigate the whole channel. The forward velocity decreased by 60% inside the ste-
notic area. A constant forward velocity could be maintained by adapting the actuation signal to the 
channel size. We have also studied the effect of fluid viscosity on the forward velocity, as the instru-
ment would eventually be used inside blood vessels. We performed tests in a solution of 42% glycerol 
in water (w/w) to mimic the viscosity of blood310,311. The device moved with the same forward velocity 
as in water at different actuation frequencies (i.e., up to 20 Hz), revealing that interactions between the 
viscous fluid and the structure were negligible in this range. 

https://onlinelibrary.wiley.com/action/downloadSupplement?doi=10.1002%2Faisy.202100247&file=aisy202100247-sup-0001-SuppData-S1.zip


5.2 Results and discussion 
 

113 

 

Figure 5.4 Tapered design and its crawling. (a) Macroscale demonstration of the beneficial effects of a taper design on the position of the 
half-torsion point. The structure is twisted 180 degrees from the right side while the left tapered side was clamped. 𝛿𝛿 = - 0.8. (b) Crawling 
inside structured channel. Top, a glass capillary with inner diameter 0.9 mm presents a stenosis with a 0.6 mm inner diameter. The microro-
botic device is actuated at B = 15 mT and f = 5 Hz. Bottom, velocity variation across the stenosis. 

So far, we tried to resolve the negative impact of the magnetic twist by modifying the structural design 
of the head. A complimentary solution lies in the control of the actuation signal. There exists a time 
period during each actuation cycle where the magnetic dipoles at the distal end of the head are aligned 
in the opposite direction of the actuation signal. We aimed to mitigate the torsion induced by this tran-
sient antiparallel alignment of the distal magnetic dipoles with respect to the rotating magnetic field. 
To this end, we modified the control signal in a way that lower torque was applied on the distal mag-
netic dipoles during this time period. The new magnetic waveform, which we call the dumbbell actua-
tion signal, presents a cusp Γ that indents the previous circular trajectory along the yaw axis (Figure 
5.3e). The dumbbell actuation signal is parameterized as follows. 
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Equation 3 

In Equation 3,  𝛤𝛤 ∈ [0,1]. When 𝛤𝛤 =0, the curve indents downwards and crosses the origin, leading to a 
zero-field stationary condition. When 𝛤𝛤 =1 , the actuation signal is imposed circularly. Through trial 
and error, we recorded the best performance at 𝛤𝛤 = 0.4. In the presence of the dumbbell control, the 
tip was less subjected to torsion, and the head appeared to be maintained at the correct pose during 
the whole actuation cycle (Figure 5.3f). A systematic characterization of the device motion at different 
f, 𝛤𝛤 and 𝐵𝐵N showed the synergistic effects of the two proposed upgrades (Figure 5.3g). Devices with 
the tapered head design reached forward velocities as high as 1.26 mm s−1 at 𝐵𝐵N = 21 mT and f = 1 Hz 
under the dumbbell actuation signal (Movie S2, Supporting Information). The results were repeatable 
over several devices and trials (Figure 5.5a,b). The contribution of the dumbbell actuation paradigm 
was obvious at higher magnetic fields, where the head lost stability under a rotating magnetic field 
with a circular profile. Locomotion at higher magnetic fields is not only useful to reach higher speeds, 
but also instrumental to cope with scenarios that require larger thrust. For example, relatively high 
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friction forces arise from prolonged navigation in tortuous channels or moving against gravity (Figure 
5.5c). A 30%-increase in the magnetic field amplitude resulted in a 20% increase in velocity (Figure 
5.5d). Unless specified, the following experiments were performed adopting a tapered magnetic head 
and an actuating dumbbell waveform (𝛿𝛿 = −0.4 and 𝛤𝛤 = 0.4). 

 

Figure 5.5 Reproducibility and influence of friction and magnetic field magnitude. Repeatability (a) and confidence (b) tests using a 
tapered design and the dumbbell magnetic control signal (𝐵𝐵N = 15 mT, 𝑓𝑓 = 1 Hz, 𝛤𝛤 = 0.4). Velocity was averaged over 10 trials. (c) Effect of 
gravity on the advancement velocity of a robot actuated at 𝐵𝐵N = 15 mT, 𝑓𝑓 = 1 Hz, 𝛤𝛤 = 0.4. Snapshots of a robot moving vertically inside a 0.8 
mm-diameter glass capillary. (d) Increasing the magnitude of the magnetic field increases the forward velocity. 

So far, we have demonstrated that the magnetic head can be used as a remotely controlled propulsion 
system to transport an ultraflexible tether through round-sectioned channels with curvilinear shapes. 
Next, we asked whether we could steer the devices in the presence of bifurcating channels. Control on 
heading was implemented by generating an offset in the Centre of Rotation (𝐶𝐶Rot) on the actuation 
plane, i.e., 𝐶𝐶Rot = (𝑑𝑑𝑑𝑑Roll, 𝑑𝑑𝑑𝑑Yaw) (Figure 5.6a). As a result, the tip of the head maintains its stable undu-
latory motion while leaning toward the selected daughter vessel. As an important remark, the orienta-
tion of Γ must be actively maintained parallel to R at all times. 
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Figure 5.6 Open-loop control of automated 3D navigation. (a) An offset in 𝐶𝐶Rot is used to steer the device at bifurcations. b) Snapshots 
showing the steering of the device into the lower channel by applying an offset in 𝐶𝐶Rot. (c) A plot of 𝐶𝐶Rot offset values leading to upward (blue 
triangles) and downward (green circles) motion. Gray circles correspond to impaired locomotion. The control parameters are 𝐵𝐵N = 15 mT, 
𝛤𝛤 = 0.2, and f = 1 Hz. (d) Schematic representation of the 3D steering strategy where the head is rolled before a turn that involves moving 
upwards or downwards. (e) Schematic showing the 3D map of the phantom with two bifurcations, B1 and B2, and the three target points T1, 
T2, and T3. Snapshots from a successful automated navigation attempt that resulted in reaching all three target points are shown in (f–h). 
The control parameters are 𝐵𝐵N = [10–20] mT, f = 1 Hz and 𝛤𝛤 = 0.2. Scale bars are 5 mm. 

We studied the effects of the dumbbell offset control on the efficacy of crawling in a biomimetic phan-
tom (Figure 5.6b and Movie S3, Supporting Information). The bifurcation consisted of two symmetric 
daughter channels diverting at 30° from the incident mother channel. Favourable 𝐶𝐶Rot values for up-
ward and downward steering are summarized in Figure 5.6c. The region at which we could reliably 
control the heading was confined to the first quadrant, and equally populated by parameters that 
would guide the device to the top or the bottom channel. Notably, negative 𝑑𝑑𝐵𝐵Yaw values precluded 
passage through the bifurcation. This restriction was due to the modified shape of the dumbbell 
(Γ = 0.2, 𝐵𝐵N = 15 mT, f = 1 Hz), which made the entire waveform fall in the lower quadrants, even at 
slightly negative 𝑑𝑑𝐵𝐵Yaw values. A closer look at the kinematics revealed that the full undulatory motion 
was lost because the head showed a strong forward motion followed by a weak backward motion, 
which severely compromised the advancement (Figure S8, Supporting Information). 

The bending stiffness scales cubically with the thickness, and the thickness of our devices is 10 times 
smaller than their width. As a result of the 104-fold higher flexibility around the Pitch axis, bending 
around the Yaw axis is extremely unfavourable. Therefore, while navigating inside 3D curvilinear ves-
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sels, roll correction must be implemented through the magnetic torque. The idea is to put the device in 
a configuration so that steering at a bifurcation would require bending around the favourable Pitch 
axis (Figure 5.6d). At the entry of each turn, the Yaw axis is parallel to R and the roll axis is tangential 
to the channel. Roll correction involves rotating the actuation plane around the roll axis. To be able to 
dynamically correct for orientation while the device is crawling, the correction must be imposed grad-
ually and over several actuation cycles. Otherwise, the magnetic dipoles may reside outside the actua-
tion plane, which would disrupt the undulatory motion. The device must be steered in both directions, 
therefore, the largest possible rotation for realignment is ∓90°. 

Empowered with a robust navigation strategy, we explored the possibility of automating the proce-
dure using an open-loop controller. We fabricated a phantom that contained two bifurcations in the x–
y and x–z planes, with channels pointing in all three cartesian axes Figure 5.6e). We used the 3D ge-
ometry of the phantom to plan a trajectory. The actuation frequency and the field amplitude were 
maintained the same, and the controller determined when to change the waveform of the magnetic 
signal for steering the device based on prior velocity measurements. First, the device was guided 
across bifurcation B1 using control parameters chosen from the plot shown in Figure 5.6c. After the S-
shape turn, the Yaw axis, which had been lying in the x-y plane (Figure 5.6f(i)), was gradually rotated 
upwards (+90° degree roll) to prepare for the vertical turn leading to target T1. During the navigation 
across the full length of the turn, the Yaw axis was concomitantly rotated +90° around the Pitch axis 
and maintained parallel to R all along (Figure 5.6f(ii)). These two manoeuvres are illustrated in Fig-
ure 5.6d. During ascension in the vertical channel, f and 𝐵𝐵N were increased to counteract the gravity 
and friction forces generated from the contact between the tether and the channel walls (Figure 
5.6f(iii)). After pulling back the device to the starting point, it was steered to the right daughter chan-
nel at B1. To perform the vertical bifurcation B2, the head was gradually rolled to align the yaw axis to 
the z-axis. Navigation across B2 into the upper (Figure 5.6g) and the lower (Figure 5.6h) channels 
were completed using the parameter values from Figure 5.6c. 

We have previously shown that ultraflexible sensor-integrated soft robotic devices could be transport-
ed by the fluid flow127. We modified the experimental platform to incorporate the equipment required 
to implement flow-driven advancement including a peristaltic pump, a Windkessel unit, and flow sen-
sors (Figure 5.7a). As a first step, we verified that multimode locomotion was feasible by navigating 
the devices inside a microfluidic phantom with nonuniform flow conditions (Figure 5.7b). The naviga-
tion started with flow-driven advancement in the main channel, and the phantom contained three bi-
furcations along the trajectory. The main channel diverged into two daughter channels, both with 
physiological perfusion rate (blue channels). The device was guided to either daughter channel using 
static uniform magnetic fields (Figure 5.7c and Movie S4, Supporting Information), as described else-
where127. The daughter channel with physiological flow split into two other channels where the fluid in 
the upper channel was completely blocked (red channels). Entry into the obstructed channel was per-
formed by directing the head into that channel and subsequently activating the rotating uniform mag-
netic field. Further advancement inside the obstructed channel was accomplished with the dumbbell 
control, and navigation through the last bifurcation was performed by generating an offset in 𝐶𝐶Rot. 

https://onlinelibrary.wiley.com/action/downloadSupplement?doi=10.1002%2Faisy.202100247&file=aisy202100247-sup-0001-SuppData-S1.zip
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Figure 5.7 Closed-loop feedback control for multimodal locomotion. (a) Experimental setup for operating the onboard sensor and set-
ting the flow conditions inside the microfluidic channel. Inset shows a picture of the electronic sensor micro-engineered on the tether of the 
device. (b) An image of the phantom used for demonstrating multimodal locomotion. Channels that are painted blue have physiological flow 
conditions, while channels that are painted red are fully obstructed, i.e., flow velocity is zero. (c) Static magnetic fields are used for steering 
during flow-driven navigation in perfusing channels and to position the head inside the obstructed channels. Application of the rotating 
magnetic field instantiates crawling locomotion which realizes motion and steering in the absence of flow. (d) Calibration of a hot-wire resis-
tive senor with respect to the average flow velocity. Gray dashed line indicates the threshold for switching locomotion modes. (e) Resistance 
measured by the onboard sensor informs the controller about the flow conditions, and this information is used by the controller to autono-
mously switch between crawling and flow-driven locomotion. (f) Snapshot from an experiment where the transition from flow-driven to 
crawling and back to flow-driven advancement is coordinated autonomously by the robot. 

Next, we investigated whether the control system could automatically switch between flow-driven 
advancement and crawling, depending on the flow conditions. To this end, we engineered devices with 
an onboard flow sensor. The flow sensor was designed in a hot wire configuration to record the 
change in electrical resistance upon changes in the flow conditions (Figure 5.7d). That is to say, a re-
duction in the flow rate translated into a self-heating phenomenon, increasing the resistance of the 
circuit. To avoid overheating, the sensor was operated in a pulsed mode at 1 Hz actuation frequency 
(50% duty cycle) and an acquisition rate of 1 k Hz. The device was inserted in a straight circular-
profile channel, and the flow rate was modulated in such a way that the device was challenged to au-
tonomously decide when to switch between flow-driven mode and crawling mode (Figure 5.7e). The 
light red area illustrates the temporal window in which the device activated crawling locomotion as a 
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response to the removal of flow assistance, i.e., the average flow velocity was reduced below 4 cm s−1. 
The sequential images in Figure 5.7f show an initial advancement under physiological flow followed 
by the autonomous activation of the crawling locomotion (t = 9 s). Upon reestablishment of the favour-
able hydrodynamic conditions (t = 25 s), the sensor informed the controller to switch back to the flow-
driven advancement mode. To guarantee that the oscillating field does not interfere with the sensor, 
we compared the measurements at different actuation frequencies (Figure 5.8a) and found no statis-
tical difference (p < 0.05) between the groups. 

 

Figure 5.8 Electromagnetic interference and X-ray visibility. (a) The average resistance was recorded without the magnetic head and in 
the presence of an oscillating spatially homogeneous magnetic field (B = 20 mT) at different frequencies. No statistical difference was found 
between the groups (t-test, two-tailed, p < 0.05). (b) X-ray image of the robot inside a 0.8 mm coronary of an ex vivo swine heart. 

The in-vitro tests were done using a nested Helmholtz electromagnetic control system. However, this 
system was not compatible with the fluoroscope due to size constraints. To address this issue, we de-
veloped a simpler magnetic control system that consisted of a motorized rotating shaft holding a per-
manent magnet (Figure 5.9a). We first tested whether this system was capable of driving undulatory 
motion by actuating a magnetic head inside a glass capillary. We placed the control magnet behind the 
magnetic head to test whether the motion was generated due to body deformation or magnetic field 
gradients, and verified that the head moved away from the magnet with undulations (Movie S5, Sup-
porting Information). Next, we confirmed that the arteries inside the ex vivo porcine heart as well as 
the head of our device could be visualized using the fluoroscope (Figure 5.8b). Application of a rotat-
ing magnetic field initiated crawling motion inside a 1 mm diameter coronary artery (Figure 5.9b). 

https://onlinelibrary.wiley.com/action/downloadSupplement?doi=10.1002%2Faisy.202100247&file=aisy202100247-sup-0001-SuppData-S1.zip
https://onlinelibrary.wiley.com/action/downloadSupplement?doi=10.1002%2Faisy.202100247&file=aisy202100247-sup-0001-SuppData-S1.zip
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Figure 5.9 Fluoroscopy assisted multimodal navigation inside ex vivo porcine coronaries. (a) High-definition fluoroscope imaging 
system and the magnetic control system that consists of a rotating permanent magnet. (b) X-ray images of a device crawling inside a coro-
nary. (c) Schematic representation of the porcine heart highlighting the arteries and the flow conditions. (d) Flow-driven injection of the 
device into the coronary artery through a medical cannula. (e) X-ray image showing the diverging coronary that was clipped to induce full 
obstruction. Application of the rotating magnetic field instantiated entry and navigation inside this obstructed coronary. 

We aimed to repeat the in vitro multimodal locomotion paradigm inside the coronary tree of porcine 
ex vivo coronaries with the impaired flow (red coronary, Figure 5.9c). The experiment started with 
the perfusion of the anterior interventricular artery (AIA) branch of the left coronary artery (LCA) 
using a flexible cannula (Figure S11, Supporting Information). A high-concentration contrast agent was 
injected and maintained inside the arterial walls for at least 2 h to label all the arteries. After ejection 
from the cannula, the device was kept under fluidic tension and inserted inside the AIA at a perfusion 
rate of 0.05 mL s−1. Flow-driven navigation failed in steering the device inside the obstructed artery 
because the distal portion was clipped with haemostat forceps, which recapitulated the hypoperfusion 
conditions presented by obstructed vessels (Figure 5.9d). We activated the control magnet to actuate 
the head, and the resulting undulatory motion induced by the rotating field allowed the head to crawl 
inside the obstructed branch (Figure 5.9e). To verify again that the locomotion was indeed caused by 
undulatory motion and was not simply due to magnetic pull, we sequentially stopped the rotation of 
the magnet, which repeatedly resulted in a complete cessation of motion (Figure S12, Supporting In-

https://onlinelibrary.wiley.com/action/downloadSupplement?doi=10.1002%2Faisy.202100247&file=aisy202100247-sup-0001-SuppData-S1.zip
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formation). Reactivation of the rotating magnetic field re-established crawling motion until reaching 
the distal portion of the artery. 

5.3 Conclusions 
Taken together, these results highlight the importance of the geometry and mechanics of the device, 
and the waveform of the magnetic actuation signal for locomotion in structured environments. There 
is no formal methodology for the design of the presented prototypes. We explored two major strate-
gies, changing the shape of the magnetic head and applying a rotating magnetic field, primarily 
through intuition and trial and error. The time-varying large deflection of ferromagnetic soft continu-
um robots can be computed using analytical solutions and finite element modeling312–314. Physical in-
teractions with the vessel wall and fluid–structure interactions may be considered in these models, as 
demonstrated for the modelling of soft robotic systems actuated by artificial muscles315. A full simula-
tion of robot motion would reveal design and actuation parameters for optimizing the locomotion per-
formance for any given vessel anatomy and flow conditions. 

Harnessing hydrokinetic energy and contact forces open up the possibility to navigate ultraflexible 
robotic devices inside extreme microvasculature. Our results showed that the control performance 
highly depends on when and how these external factors are considered in the kinematics of the prob-
lem. In the clinical setting, the interventionalist would need to discriminate between normally perfus-
ing and hypoperfusing vessels to choose the proper advancement mode. However, it would be chal-
lenging to measure the flow rate from fluoroscope images during operation or to make pre-operative 
predictions; therefore, integrating flow sensors is instrumental to implementing a multimode ad-
vancement scheme. Using onboard sensory information to assist endovascular interventions is an un-
conventional strategy. The complete reliance on the capabilities of the surgeon is currently necessary 
partly due to the lack of instrumentation. The majority of the existing catheters and guidewires are 
mechanical instruments that do not carry electronic components. We microfabricated devices using 
manufacturing processes compatible with the engineering of flow sensors to enable real-time data 
acquisition. Carrying onboard flow and pressure sensors has paramount importance to perform a 
complete assessment of the physiological state of the cardiovascular system316. Fast and accurate 
measurement of the pressure and absolute flow within the coronary arteries, for example, is instru-
mental for the cardiologist to decide whether a stent must be deployed in a stenotic area. In this re-
gard, our soft robotic devices can serve a unique function, probing the peripheral cerebrovascular ar-
teries for the diagnosis of vascular conditions. 

As a step forward, we described materials and methods that empower the robotic devices with the 
capability to autonomously switch between flow-driven and crawling-based motion. Solving the navi-
gation problem for microfabricated electromechanical devices advances the robotics research field 
from teleoperated interventions to machine intelligence. With the incorporation of other electronics 
such as pressure and chemical sensors, the device could be programmed to reach regions with patho-
logic conditions without external supervision. 

5.4 Materials and methods 

5.4.1 Experimental setup 

The electromagnetic system was designed following the instructions reported elsewhere274. Briefly, a 
3-axis nested Helmholtz coil generated the homogeneous magnetic fields within a space of 
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22 × 53 × 94 mm3. The three pairs of coils measured 114, 198, and 299 mm and were capable of gener-
ating a magnetic field of 85, 60, and 50 mT. The current was supplied and modulated by three sets of 
power supplies (S8VK 480 W, Omron, and SM 52-AR-60, Delta Elektronika) and servo controllers 
(Syren25 and Syren50, Dimension Engineering). An analog/digital I/O PCi Express board (Model 826 
Sensoray) interfaced with the software (programmed in MATLAB, Mathworks) and the hardware. The 
pulsatile flow was generated by a peristaltic pump (LP-BT100-2J, Drifton). Movies were recorded us-
ing a complementary metal oxide semiconductor (CMOS) camera (acA4024-29uc, Basler). The micro-
fluidic phantoms were fabricated by Protolabs (France) from ABS material according to CAD drawings. 
Alternatively, microvasculature phantoms can be fabricated using a 3D printer (Ultimaker) by sacrifi-
cial negative molding in silicone with water-soluble polyvinyl-alcohol extrusion materials127,317. The 
electrical measurements were performed using a source meter (B2902A, Keysight). 

5.4.2 Fabrication of the magnetic head 

The magnetic structures were fabricated by blade casting a mixture of silicon polymer (EcoFlex 00-10) 
and neodymium iron boron (NdFeB) microparticles (5 μm, Magnequench, Germany) at a 1:1 mass ra-
tio304. The slurry was filled into a well formed with 200 μm-thick spacers and cured overnight at room 
temperature. The structures were cut with a flat razor blade and wrapped around a glass capillary 
(1 mm-diameter) such that the two ends would connect, completing a full circle. The structures were 
then magnetized using an impulse magnetizer (Magnet-Physik). The structures were then glued to the 
polyimide tether using an instant glue (Loctite 401). 

5.4.3 Fabrication of the flow sensor 

The details of the fabrication process for the sensor-integrated tether were reported elsewhere127 (See 
also Errore. L'origine riferimento non è stata trovata.). Briefly, devices have been prepared by spin-
coating on a 4-inch Si wafer a 4 μm thick layer of PI (PI2610 Hitachi Chemical DuPont MicroSystems 
GmbH). A positive photoresist (AZ1512, 2 μm exposed by Heidelberg Instruments MLA150, 405 nm, 
and 104 mJ cm−2 and developed by AZ 726 MIF) has been used as a mask for sputtering (Alliance Con-
cept AC450) a 100 nm-thick layer of gold in stripes of 250 μm width and 9 cm length, followed by lift-
off in acetone. The borders have been then laser cut (Optec MM200-USP) and detachment from the 
wafer has been done manually. The fabrication of the flow sensors involves the sputtering of titanium 
and platinum layers serving for adhesion and electrical conduction, respectively. To add the two ser-
pentines, designated as temperature sensor and heater, another 25 nm thick layer of platinum has 
been sputtered over the wafer, after surface activation by argon plasma (Alliance Concept AC450). The 
shapes of the traces and serpentines were defined using spin-coating and removal of positive photore-
sists (AZ9260, 8 μm, and AZ1512, 2 μm). The electrical circuits were sandwiched between PI layers. 

5.4.4 Ex vivo experiments 

Swine hearts were obtained from a local farm (LaFerme Aebischer, 1595 Faoug, Switzerland). The AIA 
was perfused using a flexible cannula (18 G Vasofix, B. Braun) and an intravenous (IV) bag. X-ray imag-
ing was performed using a benchtop fluoroscope (Labscope, Glenbrook technologies) and a radio-
paque contrast agent (Iopamiro 370, Bracco, Switzerland). After mapping the coronary tree, the di-
verging artery was clipped with hemostat forceps to recapitulate vessel obstruction. The magnetic 
system was composed of a 1 cm3 NdFeB magnet assembled at the tip of a rotating shaft. The shaft was 
rotated by a DC motor (EC-i30, Maxon motor) and controlled by a servo driver (ESCON 36/3 EC, Max-
on motor). 
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6.1 Achieved results 
The development of novel neural interfaces that meet a trade-off between invasiveness, risks and ben-
efits for the patients is crucial for the development of effective neurotechnologies. This thesis repre-
sents a new step towards this direction. By combining an endovascular approach with transient mate-
rials, a novel paradigm is introduced in the field of minimally invasive interfaces.  

To achieve this goal, first the materials constituting the device were selected and tested. As a biode-
gradable scaffold, PCL has been chosen to ensure a slow degradation rate of the device, promoting 
physiological tissue remodelling and eliminating the need for removal surgeries and risks of chronic 
foreign body reactions. The electrodes have been fabricated in the conductive polymer PEDOT:PSS:EG, 
without any metal component, creating an all-polymeric device. Degradable metals that would have 
made the device entirely biodegradable cannot withstand the operational lifetime offered by PCL and 
thus would have restricted the number of possible applications. Choosing a non-degradable metal, 
such as Pt or Au, would have been difficult to implement given the poor compatibility of PCL with mi-
crofabrication techniques needed for such metals, and would have probably offered poorer electro-
chemical properties compared to those obtained with PEDOT:PSS:EG only. A fabrication procedure has 
been tailored to obtain the all-polymeric neural probe and, after its electrochemical characterization, 
its potential in neural recording has been successfully tested in acute and chronic experiments in mice. 
Results showed low noise values (< 10 µV) and ability to record VEPs until 12 weeks after implanta-
tion, although the number of functional electrodes strongly decreased over time. Degradation of the 
PCL scaffold allowed for a less tight fibrotic scar and decreased astrocytes activation compared to a 
non-degradable implant of a similar size. In addition, device colonization by neurons and astrocytes 
was found in studies at 9 months after implantation. A specific interaction between microglia and PE-
DOT:PSS:EG was also noticed and might be worth further investigations to understand the in vivo fate 
of the conductive polymer.  

These promising results led to the decision to further minimize the device biological footprint by re-
shaping it to allow an endovascular implantation, far enough not to damage the tissue of interest, and 
close enough to still collect relevant signals or stimulate neural activity, depending on the application. 
This meant thinning the device and increasing the electrode stability with the addition of GOPS to the 
PEDOT:PSS:EG mixture. Moreover, the overall shape was designed to fit inside a 5Fr catheter and to be 
delivered in a vessel of 2 mm diameter. This could allow future in vivo testing in the superior sagittal 
sinus of miniature pigs. The new electrodes have been electrochemically characterized in both stand-
ard PBS and blood showing low impedance and high CSC in both conditions. To understand how these 
properties might be impacted by the flow of the blood, the device was inserted in a 2 mm diameter 
channel and exposed to pulsed PBS for up to 2 months: impedance increased but remained below 100 
kΩ and the average CSC changed only slightly. Investigating the potential use of the device for neu-
rostimulation, prolonged current pulsing has been carried out and electrodes didn’t show damage 
after 4 million pulses. A delivery system has also been proposed using a 5Fr catheter able to deploy the 
device in a 2 mm diameter channel. Adhesion to the tube walls was also evaluated through micro-CT 
and the resulting gaps and lumen size were within safety limits.  

One of the biggest limitations of the endovascular approach for neural interfaces is the vasculature 
complexity, difficult or impossible to overcome with current catheter technologies. For this, an alterna-
tive (non-degradable) device designed for a novel navigation system has been developed. The µ-probe 
has a thickness of 4 µm and width of 200 µm. Sandwiched between two layers of PI, the device hosts 
oval electrodes for neural recording or stimulation, or serpentines for temperature and flow monitor-
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ing. Given its dimensions and materials, this device can autonomously navigate blood vessels just by 
the dragging forces of physiological pulsatile flow, even through knot-like curvatures. By attaching a 
cylindrical magnetic head of 40 – 350 µm diameter at its tip, it is possible to control the direction of the 
probe navigation by applying small magnetic fields (5 - 30 mT). With the smallest magnetic heads, it is 
possible to navigate vessels as small as 300 µm in diameter. In bigger channels it is possible to deliver 
multiple probes at the same time, allowing for example the mapping of measurable properties (i.e., 
neural activity, temperature, flow velocity) in a specific area. Using the same navigation systems, PDMS 
microtubes of 150 µm diameter can be delivered in the arteries of explanted rabbit ears and solutions 
can be injected through them. Fluoroscopic monitoring can also be done thanks to the radiopacity of 
the magnetic heads.  

To overcome the problem of impaired navigation in the absence of flow, such as in obstructed arteries 
related to embolism, thrombosis, or traumatic injury, an alternative navigation mode has been pro-
posed. A thrust can be induced in a tapered magnetic head of µ-probes to propel the movement of the 
ultra-flexible tethers inside channels of radius between 0.5 and 5 mm, even in fluids with physiological 
viscosity and in vertically aligned channels. Thanks to the electronics microfabricated on the device, it 
was possible to monitor the velocity of the flow in the channel and switch between the crawling navi-
gation and the flow-driven mode depending on the need. Finally, a proof-of-concept test demonstrated 
this navigation approach inside porcine ex vivo coronaries.  

Overall, the obtained results are promising for the development of minimally invasive and endovascu-
lar neural interfaces and devices. However, further optimization is inevitably needed to address the 
limitations highlighted in the next section and move forward to preclinical studies.   

6.2 Current limitations 
Developing truly minimally invasive devices with effective performance and minimal risks for the pa-
tients is indeed a challenging task. Multiple limitations can be found in the results of this thesis, leaving 
room for future modifications.  

Although the in vivo studies of Chapter 2 highlighted a promising tissue integration at 9 months, long-
er time points are necessary to have a clearer picture of the degradation profile of the device. In par-
ticular, specific attention must be paid to the fate of the conductive polymer in vivo as only few studies 
did chronic experiments with various PEDOT-based coatings and no detailed analysis has been done 
regarding its possible biodistribution, execration or degradation. For example, it might be interesting 
to investigate the role of reactive oxygen species generated during inflammation caused by the pene-
tration of the tissue by a foreign body. As mentioned in sections 2.2.2 and 3.3, PEDOT is susceptible to 
H2O2 at very high concentrations: local conditions during inflammation might reach values higher than 
physiological status which could affect its stability.  

In vivo studies also didn’t determine the actual durability of the PCL scaffold. Bench-side aging tests 
can give only an estimation for now. Although the quality of the signals obtained after 12 weeks from 
implantation was good, the percentage of viable electrodes at the end was below 20%. In an attempt to 
solve this problem, stabilizing GOPS has been added in the endovascular design of the device in Chap-
ter 3 and preliminary tests of EIS and CV under pulsatile PBS flow revealed a potential success of this 
strategy. However, validation and durability studies in vivo are completely missing for this probe. This 
is mainly due to the complexity of the set-up and the limitations still present in the delivery system.  
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More devices need to be tested before and after delivery to ensure the survival of the electrodes and 
connections after the navigation and deployment. In addition, the attachment of the device to the 
guidewire used as a shaft is presently achieved using super-glue, negating the possibility to retrieve 
the shaft after deployment.  

A constrain shared by both devices is the manual deposition of the PEDOT-based conductive polymers, 
which could affect reproducibility and lead to user-dependent results. Moreover, both of them require 
wires for powering and data communication. This could potentially compromise the stability and safe-
ty of the devices. The contact between the PEDOT-based pads and the wires is achieved through small 
amounts of silver paste with low adhesion strength that could cause unreliable measurements in case 
of movements, especially for the percutaneous wiring of the penetrating probe. Wires inside the ves-
sels, together with the delivery shaft, could instead be prone to fracture, leakage and be home for in-
fections or induce thrombus.  

By using an endovascular approach, despite the notable extension of the vascular network, there are 
limitations in the number of reachable targets, in both terms of presence of vessels and of complex 
vasculature obstacles. Compared to minimally invasive tissue penetrating devices, the distance be-
tween the neurons and the electrodes inside the blood vessel can affect the selectivity: it would be 
challenging to distinguish neuronal populations or single neurons from endovascular recordings or 
stimulate only certain fibres within a proximal nerve. However, for applications where a high selectivi-
ty is not needed, endovascular devices still represent a competing alternative.  

Finally, in vivo studies are also missing for the µ-probes and µ-catheters described in Chapter 4 and 
Chapter 5, for reasons similar to those of the transient endovascular device. In this case though, a 
higher complexity is represented by the need of magnetic coils in the operating room and the possible 
noise caused to and by the other machines present there.  

Moreover, this system is only applicable to the arterial system and doesn’t work in vessels with diame-
ters bigger than 2 mm. There are still challenges related to the microfabrication of the probes: the ob-
tainable length of the stripe is limited at the wafer diameter; hollow catheters with thin rectangular 
cross-sections in Kapton haven’t been successfully fabricated yet. Finally, tensile rupture as failure 
mode of the device still needs to be tested. 

6.3 Suggested future developments and outlook 
The devices presented in this thesis are proof-of-concepts for minimally invasive neural interfaces and 
endovascular devices that, although promising, need further optimization to reach a complete valida-
tion. 

Understanding the degradation or clearance pathway of PEDOT and PEDOT-based films, such as the 
electrodes and traces of these devices, is of primary importance for an eventual clinical translation. For 
this both in vitro cell culture and in vivo chronic tests should be done. For the former, a proper cell line 
must be chosen: reactions induced by PEDOT to microglia or macrophages, cells dedicated to the 
clearance of foreign bodies, could provide relevant information in this sense. In vivo testing should 
also consider an animal model that can ensure time points for longer than a year, given that noticeable 
preliminary results were only obtained after 9 months. The challenge in both these tests is labelling 
the PEDOT to clearly monitor it under fluoresce microscopy and for quantitative analysis. The pristine 
PEDOT molecule lacks available functional groups for fluorescent tags. To solve this problem, it could 
be possible to polymerize EDOT derivatives containing attachment sites such as the commercially 
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available EDOT-MeOH (hydroxymethyl EDOT) and then proceed to functionalization through EDC-NHS 
chemistry318. Moreover, in the projects reported here, PEDOT has always been used together with PSS 
and ethylene glycol: the latter induces rearrangements in the polymer structure improving the stack-
ing of the PEDOT and the dispersion of the PSS, enhancing the overall conductivity148. Potential effect 
of this dopant to the degradation of the polymer should be investigated. In the case of potential toxicity 
issues (even with the small amount used to make the device, i.e. ≃ 8 µl), other configurations with 
smaller segments of the PEDOT backbone interrupted by hydrolysable or enzymatically cleavable 
molecules could be investigated, at the price however of the conductivity.  

Not only the fate of PEDOT should be investigated, but also the actual degradation time of the PCL scaf-
fold must be determined. This must be long enough to allow safe tissue remodelling but possibly not 
too different from the electrodes lifetime if a longer therapy is required for which a subsequent device 
is needed in the same location. Given the slow degradation rate of PCL, in vivo animal model should be 
maintainable for at least 1 year. Also in this case, the PCL would need to be fluorescent to be detected 
over time, for example by addition of dye moieties inside its chain319. 

Especially regarding the endovascular device, it is important to verify that the device integrates in the 
endothelium of the vessel and that its degradation in such a dynamic environment doesn’t cause 
thrombogenic debris. It would be interesting to design a specific lab testing environment to achieve 
this, simultaneously reducing the overall number of animals needed for the device validation and im-
proving the control of the failure modes.  

Always within the context of safety of an endovascular device, it is important to test the hemocompati-
bility of the constituting materials and fabrication methods in terms of platelets aggregation and acti-
vation, similar to what has been done in section 4.2.9. By exposing the device to platelet-rich plasma, 
aggregation of platelets could be detected by absorbance changes at 595 nm (yellow-orange band). 
Release of adenosine triphosphate by the platelets is then monitored by luminescent reaction with 
luciferin and luciferase molecules. In addition, SEM images could clarify possible cellular attachment to 
the device. 

To enhance the bio-acceptability of the transient devices, anti-inflammatory and anti-coagulant drugs 
could be embedded directly inside the PCL scaffold and slowly be released during degradation. Taking 
inspiration from drug-eluting stents (DES), even anti-proliferative drugs could be used, such as pacti-
taxel or serolimus, to reduce risks of in-stent stenosis.  

Regarding the fabrication, a possible strategy to replace the manual deposition of the PEDOT-solution 
could be to exploit 3D printing systems for its automatic patterning and injection into the engraved 
traces and electrodes. Alternatively, although more material would be wasted, a detachable mask (like 
a polyethylene terephthalate or polyimide thin foil) could be temporarily attached to a flat PCL sub-
strate and the PEDOT solution could be spin-coated or laminated over it. After a semi-curing step, the 
mask could be removed and curing of the remaining pattern could be completed. This could potentially 
help in standardizing the process and improve the achievable minimum size for traces and electrodes 
as well.   

A future design of the endovascular neural interface would have a wireless system for power and data 
transmission. Biodegradable wireless neurostimulators exploiting inductive coupling for example 
have already been developed, as seen in section 1.2.1. The challenge here would consist in miniaturiz-
ing it, so that it can fit inside the blood vessel and do not affect the blood flow, maintaining as well 
good performances at blood vasculature depths. In addition, it would be interesting as well to investi-
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gate the possibility of integrating different types of sensors on the device, such as pressure or flow 
sensors, without being limited to only measuring or inducing neural activity.  

An improvement to the delivery system could replace the super-glue used so far to attach the device to 
the delivery shaft, with biocompatible and biodegradable adhesives. This would provide only a tempo-
rary attachment and consequent possibility to retrieve the shaft, leaving only the device in place.  

Furthermore, radiopaque markers should be added to monitor the advancement of the device in the 
vessels during the fluoroscopically guided implantation procedure. This could be done for example 
with degradable tungsten microparticles embedded in the PCL scaffold (provided the safety of the 
quantity needed to make the device visible). 

Finally, on the road to clinical translation, an effective, non-damaging sterilization method must be 
chosen. One example could be ethylene oxide sterilization, which is already used for PCL and other 
degradable polyesters, although it’s known that toxic residues might be generated during the pro-
cess320.    

6.4 Applications 
Together with the magnetically driven probes, the transient devices proposed in this thesis represent 
new tools in the physician toolbox for new ways to diagnose and treat patients.  

With the microengineered, magnetically navigated, endovascular probes it is possible to reach micro-
vasculature never explored before. For instance, it could be possible to do neural record-
ing/stimulation, temperature and flow control in deep locations such as the brain stem, retinal arteries 
and basal ganglia, without opening the skull.  

The transient neural probe of Chapter 2, in a penetrating configuration or placed superficially over 
the brain, can be exploited in combination with its endovascular version for mapping epileptic foci or 
tumours before resection surgery. Using compliant materials inducing only a mild immune response 
could guarantee good quality and reliable signals for an extended period of time compared to current 
practice (2-3 weeks321,322), before device degradation. In this way a more comprehensive map could be 
drawn both in terms of seizure frequency (useful in case of neuromodulation therapies) and in terms 
of validation of the specific location. The latter is especially important for patients with seizures occur-
ring with low frequency (< 1 / week), for whom seizure induction is normally considered. However, 
the actual utility of neural monitoring for longer time hasn’t been scientifically proven yet, as the 
chance of infection development and technical complications could increase with current technolo-
gies321. Thanks to the degradability of the electrode scaffold, after the monitoring is concluded or tech-
nical problems occur, the surgery for device removal is not needed anymore, reducing the overall risks 
of the procedure.  

The concept of a transient, yet durable, neural interface can also be applied to preliminarily test neu-
rostimulation therapies, such as Deep Brain Stimulation therapies. Making a device that is operational 
for longer than 3 months, could allow for a patient to familiarize with a neurostimulation device, un-
derstand if the therapy could be successful (e.g., reduced pharmacological need in the case of neu-
rostimulation for depression, increased patient autonomy in the case of brain stimulation for essential 
tremor) or if the device needs to be repositioned. The endovascular probe can also be adapted to be 
deployed in deep brain vessels in close contact to areas such as nucleus accumbens and the ventral 
capsule, normally stimulated for treating treatment resistant depression, obsessive-compulsive disor-
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ders, addiction, obesity and anorexia mentosa123. After the trial period is concluded, then the physician 
and the patient could decide whether to continue with the therapy or not, and the device safely de-
grades without need for removal. This would make the physician and the patients more confident in 
trying innovative therapies. At the same time, the transiency of the device can induce a reduced for-
eign body reaction, compared to non-degradable materials, reducing the overall risks of the device and 
increasing the number of targetable patients.  

Besides brain vasculature, the transient endovascular neural interface could be applied for neural re-
cording or neurostimulation of the peripheral nervous system. For instance, it could be used in prelim-
inary trials of neurostimulators for pain relief. Examples of vessels that could be targeted are the ulnar 
and radial  arteries (diameter ≃ 2 mm) for upper limbs323–325; axillary (diameter ≃ 6 mm326) and cir-
cumflex humeral arteries (diameter ≃ 3 mm, posterior327,328, diameter ≃ 2 mm, anterior328) for the 
shoulders; femoral, internal/external iliac and inferior gluteal arteries (diameter ≃ 1 cm329, ≃ 1 cm329 
and ≃ 2 mm330,331, respectively) and their branches for lower limbs. The device lasting for longer than 
3 months, it could be possible to assess if the relief is achieved, and it can be quantified in terms of less 
need of drugs and overall pain reduction overtime. If then patient and physician are satisfied by the 
treatment, a permanent implant might be considered or again the transient device to keep the possi-
bility to stop the therapy without needing to remove the implant.  

The endovascular neurostimulator could also be used for temporary support of motor rehabilitation of 
stroke and paralysis patients, although muscular selectivity might be challenging.  

Together with the transiency of the device and its therapy, the simple implantation procedure, that 
does not require any craniotomy, stereotactic guides or deep cuts to reach the nerves, could make the 
physician and patient more confident in applying such technology. This would not only widen the pa-
tients’ access to innovative treatments, but also increase the information about the nervous system 
and the efficacy of neurotechnology-based therapies. Despite the long way to go and the plenty of op-
timizations necessary, this might represent a good moment to start discussing with clinicians and pa-
tients and consider their opinions in the future developments of the devices. These alternative and 
minimally invasive devices can hopefully one day be a useful tool in bringing neural engineering re-
searchers closer to clinicians and accelerate clinical translation of efficient devices addressing neuro-
degenerative disorders.  
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