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Summary

The development of advanced needles for diagnostic and therapeutic purposes such 
as ablation and brachytherapy in the liver has offered minimally invasive therapies to 
patients that were previously untreatable. Nevertheless there is room for improvement 
regarding effectiveness and efficiency of these minimally invasive therapies. This thesis 
aims to contribute to these improvements and focuses on accurate placement of needles 
guided by magnetic resonance imaging (MRI) to maximize the effect of the treatment 
and to minimize unwanted side-effects. To this end, steerability is added to needles to 
provide active control of the needle trajectory and sensors are integrated to feedback 
spatial information for navigational purposes.

Needle steerability

The ability to actively steer the needle towards the target may improve endpoint accuracy 
and thereby optimize the clinical outcome. Chapter 2 and 3 focus on the design, 
optimization and evaluation of steerable needles that are compatible with MRI. The first 
prototype (Chapter 2) contains a steering mechanism consisting of cables and hinges 
that allows for adjustment of the orientation of the needle tip. The shaft of the needle is 
flexible and passively follows the trajectory of the needle tip. Experiments are executed 
to evaluate the relationship between steering angle applied at the tip and the resulting 
deflection of the needle. The results show that substantial steering can be achieved with 
this mechanism, but that the needle design needs to be adjusted to improve the directional 
control of steering.

Such improvement is implemented in the second prototype (Chapter 3). The hinges are 
replaced by compliant elements and the cables are integrated in grooves in the wall to 
avoid torsion. This prototype is designed to be compatible with and visible on MRI and 
has a handle that allows for manual control of the needle. Experiments are executed to 
validate the steerability of this second prototype. The possibility to control the needle path 
under MRI-guidance is evaluated by manually steering the needle to different targets in a 
gel phantom that was placed in the bore of the scanner. These experiments show that the 
trajectory of the needle can be adjusted after the needle has been inserted and that MRI 
sequences that are generally available for interventional procedures are able to visualize 
the needle and its tip. The steerable needle offers flexibility to the physician in control and 
choice of the needle path when navigating the needle towards the target position.

FBG-based needle tracking

Accurate targeting requires intra-procedural information about the needle tip position, 
particularly when the needle trajectory is curved. This information can be retrieved from 
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MR images, but real-time tracking at appropriate update rates is not feasible yet. In this 
work, shape sensing based on fiber Bragg grating (FBG) technology is investigated aiming 
at feeding back information about the position and orientation of the needle tip in real 
time. FBGs are strain sensors that are integrated in the core of an optical fiber and can be 
read out based on the wavelength they reflect. 

Three fibers with multiple FBGs each need to be incorporated in a needle to allow for 
shape sensing. When the FBGs in the fibers are aligned with each other, strain is measured 
at three locations within one cross-section. Based on the strains measured by an FBG trio, 
the degree and direction of bending at this position can be reconstructed. The needle 
shape can then be reconstructed by interpolating the degree and direction of bending 
at the positions of the FBG trios and translating these to spatial coordinates along the 
needle. In Chapter 4, a first prototype for FBG-based shape sensing is presented together 
with the model for shape sensing. The prototype is a medical needle that contains three 
optical fibers with two FBGs each, which tip position can be determined with an accuracy 
of about  1 mm in 2-D. 

Chapter 5 reports on the possibilities to optimize FBG-based shape sensing for needle 
tracking aiming at increased accuracy. The FBG-based shape sensing model is expanded 
and simulations are performed to quantify the effect of various design parameters on 
the position accuracy. Inputs that are investigated in the simulations include accuracy of 
wavelength measurement and sensor geometry as well as different sensor configurations 
and interpolation models. The simulations are validated with two new prototypes with 
different FBG configurations. The simulations show that the accuracy of FBG-based 
shape sensing of a needle can be in the order of 10% of the deflection at the tip, depending 
on the configuration. Tip deflections that are smaller than approximately 1 mm cannot be 
detected accurately.

Based on the findings of the simulations, a final prototype is built that contains five FBGs 
per optical fiber. The design of this prototype is presented in Chapter 6 together with the 
3-D accuracy of FBG-based estimation of the tip position. The needle is inserted in a 
gelatin phantom, after which the outputs of the FBGs are measured and the needle shape 
is imaged with computed tomography (CT). A 3-D accuracy of <1 mm at the needle tip 
was determined by comparing the FBG-based shape with the shape retrieved from the 
CT scans.

A force sensor at the tip of the needle allows for the registration of the interaction between 
needle and tissue and may complement FBG-based shape sensing for navigational 
purposes. When an FBG is attached to the tip of the needle, the strain in the FBG is 
dependent on the stiffness of the needle and on the force that is exerted on the needle tip. 
Chapter 7 describes the design and evaluation of a needle with an FBG-based force sensor 
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at the tip. The relation between the output of the FBG and the tip force is characterized at 
various temperatures. In addition, the needle is evaluated in vivo by inserting it in the liver 
of a porcine. When calibration and measurements are performed at the same constant 
temperature, the FBG is able to register peaks in the tip forces. The results also show 
that the magnitude of the FBG output is influenced by the mechanical properties of the 
supporting structure of the FBG in the needle as well as by the temperature. Solutions for 
compensation of the effect of temperature include adding an extra FBG.

Integration of steerability and shape sensing

Finally, steerability and shape sensing are integrated in a robotic system for needle steering 
in MRI-guided percutaneous interventions in the liver (Chapter 9). The master-slave 
system comprises a needle with a cable-actuated compliant tip to allow for readjustment of 
the orientation and steering angle, optical fibers with FBGs for the real-time measurement 
of needle shape, and a piezoelectric actuator unit to enable positioning of instruments 
within the MRI scanner. The driving mechanism to steer and to insert the needle is 
controlled by the physician through a master device. Visual feedback of the needle shape 
is provided based on the FBG measurements. Chapter 9 elaborates on the design of the 
system and on the validation of the system in a gelatin phantom.

Conclusion

The work presented in this thesis provides a framework for practical implementation of 
steerability and FBG-based shape sensing in needles that are controlled either manually 
or robotically. The main contribution of this work is the technological advancement of 
needles for percutaneous interventions. Future work should aim at the translation of 
these developments to clinically relevant devices as well as at integration of the devices 
in the clinical workflow. Development of practicable instruments and methods is vital 
for successful implementation in clinical practice. The work presented in this thesis will 
aid in achieving spot-on targeting and optimal therapeutic results in percutaneous liver 
interventions in the future.
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Samenvatting

De ontwikkeling van geavanceerde naalden voor diagnose of behandeling van aandoeningen 
in de lever (bijvoorbeeld ablatie en brachytherapie) biedt behandelingsmethoden aan 
patiënten die eerder niet behandeld konden worden. Desalniettemin is er ruimte voor 
verbetering op het gebied van effectiviteit en efficiëntie van deze minimaal invasieve 
interventies. Het doel van dit proefschrift is een bijdrage te leveren aan deze verbeteringen. 
De focus ligt op het verhogen van de nauwkeurigheid waarmee de naalden geplaatst 
worden aan de hand van magnetic resonance imaging (MRI), zodat het effect van de 
behandeling maximaal is en ongewenste bijeffecten worden geminimaliseerd. Met dit doel 
voor ogen is de mogelijkheid tot sturen toegevoegd, zodat het pad dat de naald aflegt actief 
beïnvloed kan worden. Daarnaast zijn sensoren in de naald geïntegreerd om ruimtelijke 
informatie over de naaldvorm en -positie aan te bieden ten behoeve van de navigatie.

Stuurbare naalden

De eindpuntnauwkeurigheid -en daarmee het succes van de behandeling- kan wellicht 
verbeterd worden wanneer de naald actief gestuurd kan worden. Hoofdstuk 2 en 3 
beschrijven het ontwerp, de optimalisatie en de evaluatie van stuurbare naalden die 
compatibel zijn met en zichtbaar op MRI. Het eerste prototype (Hoofdstuk 2) heeft een 
stuurmechanisme dat bestaat uit kabels en scharnieren waarmee de oriëntatie van de tip 
van de naald aangepast kan worden. De schacht van de naald is passief flexibel en volgt de 
richting van de tip. De relatie tussen de stuurhoek aan de tip  en de resulterende afwijking 
van de naald is experimenteel bepaald. Het is mogelijk om een substantiële deflectie te 
introduceren met dit stuurmechanisme, maar het ontwerp van de naald moet worden 
verbeterd om volledige controle over de richting van sturen te verkrijgen.

Deze aanpassing is geïmplementeerd in het tweede prototype (Hoofdstuk 3). De 
scharnieren zijn vervangen door compliante elementen en de kabels lopen door groeven 
in de wand van de naald om torsie te voorkomen. Dit prototype is speciaal ontwikkeld 
voor gebruik in MRI en heeft een handvat waarmee de stuurhoek aan de tip handmatig 
kan worden opgelegd. Wederom zijn experimenten uitgevoerd om de stuurbaarheid van 
dit prototype te evalueren. Daarnaast is onderzocht of het mogelijk is om het pad van de 
naald te regelen onder begeleiding van MRI. Hiervoor is de naald handmatig naar targets 
in een gelatine fantoom gestuurd, terwijl het fantoom in de buis van de scanner geplaatst 
was. Deze experimenten illustreren dat het pad van de naald aangepast kan worden, nadat 
de naald is ingebracht en dat de naald duidelijk gevisualiseerd kan worden met courante 
MRI sequenties. De stuurbare naald biedt flexibiliteit aan de arts, zodat het pad vrij 
gekozen en aangepast kan worden tijdens het navigeren naar de target positie.
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Positiebepaling van de naald met FBGs

Informatie over de positie van de tip van de naald is onmisbaar tijdens de procedure om 
de target met hoge nauwkeurig te bereiken, vooral wanneer het pad van de naald gekromd 
is. Deze informatie zou uit MRI beelden gehaald kunnen worden, maar het is nog niet 
mogelijk om dit zonder vertraging en op hoge snelheid te doen. Dit proefschrift onderzoekt 
de mogelijkheid om de vorm van de naald te reconstrueren met behulp van fiber Bragg 
grating (FBG) technologie, zodat deze als informatie over de positie en oriëntatie van de 
tip van de naald teruggekoppeld kan worden aan de gebruiker. FBGs zijn reksensoren die 
in de kern van een optische fiber verwerkt zijn en kunnen uitgelezen worden aan de hand 
van de golflengte die ze weerkaatsen.

Vormbepaling vereist de integratie van minstens drie optische fibers met elk meerdere 
FBGs. De rek wordt gemeten op drie verschillende plaatsen in een enkele doorsnede 
wanneer de FBGs in de verschillende fibers met elkaar zijn uitgelijnd. De mate en richting 
van buiging op de locatie van deze doorsnede kunnen worden gereconstrueerd op basis 
van de drie rekmetingen in de FBGs. De vorm van de naald kan daarna bepaald worden 
door de mate en richting van buiging te interpoleren en deze te vertalen naar ruimtelijke 
coördinaten op de naald. In Hoofdstuk 4 is een eerste prototype met optische fibers voor 
vormbepaling met FBGs gepresenteerd. Dit hoofdstuk beschrijft ook het bijbehorende 
model voor vormbepaling. Het prototype bestaat uit een medische naald met drie optische 
fibers met elk twee FBGs. De tippositie van deze naald kan bepaald worden met een 
nauwkeurigheid van ongeveer 1 mm in 2-D.

Hoofdstuk 5 rapporteert over de mogelijkheden om vormbepaling met FBGs te 
optimaliseren voor een hogere nauwkeurigheid van de positiebepaling van de naald. Het 
model voor vormbepaling met FBGs is verder uitgewerkt en simulaties zijn uitgevoerd 
om het effect van verschillende ontwerpparameters op de eindpuntnauwkeurigheid te 
kwantificeren. De onderzochte parameters zijn onder andere de nauwkeurigheid waarmee 
de door de FBGs gereflecteerde golflengte wordt gemeten, de nauwkeurigheid waarmee 
de geometrie van de naald en de sensors bepaald is, de configuratie van de fibers en de 
interpolatiemethode. Deze simulaties zijn gevalideerd aan de hand van twee verschillende 
prototypes. De resultaten laten zien dat de nauwkeurigheid waarmee de vorm van de naald 
gereconstrueerd kan worden afhankelijk is van de precieze configuratie van de sensoren en 
in de orde van grote van 10% van de afwijking aan de tip valt.

Een laatste prototype met vijf FBGs per optische fiber is gemaakt op basis van de 
bevindingen in de simulaties. Het ontwerp van dit prototype is beschreven in Hoofdstuk 
6, samen met de nauwkeurigheid van vormbepaling in 3-D. De naald is in een gelatine 
fantoom geprikt, waarna de output van de sensoren is gemeten en een scan van het geheel 
is gemaakt met behulp van computed tomography (CT). Een nauwkeurigheid van minder 



18 

dan 1 mm in 3-D is bepaald door de vorm van de naald bepaald op basis van de FBG 
metingen te vergelijken met de vorm van de naald verkregen uit de CT scans.

Een krachtsensor aan de tip van een naald biedt de mogelijkheid om de interactie 
tussen de naald en het weefsel vast te leggen. Zo’n sensor zou de vormbepaling kunnen 
aanvullen ten behoeve van de navigatie naar de target. De rek in een FBG is afhankelijk 
van de stijfheid van de naald en van de kracht die aangrijpt op de naald wanneer deze is 
vastgemaakt aan de tip van de naald. Hoofdstuk 7 beschrijft het ontwerp en de evaluatie 
van een naald met een FBG-krachtsensor aan de tip. De relatie tussen de output van de 
FBG en de tipkracht is gekarakteriseerd bij verschillende temperaturen. Daarnaast is het 
in vivo functioneren van de naald onderzocht door hem in de lever van een varken te 
prikken. Deze experimenten laten zien dat het mogelijk is om piekkrachten te detecteren, 
als de kalibratie en de metingen zijn uitgevoerd op dezelfde temperatuur. Daarnaast 
lijkt de grootte van de output van de FBG beïnvloed te worden door de mechanische 
eigenschappen van de constructie rondom de FBG en door de temperatuur. Een extra FBG 
kan als referentie dienen om te compenseren voor het verstorende effect van temperatuur.

Integratie van stuurbaarheid en positiebepaling

Tenslotte zijn de mogelijkheid tot sturen en de positiebepaling met FBGs geïntegreerd 
in een robotisch systeem voor percutane MRI-geleide naaldinterventies in de lever 
(Hoofdstuk 9). Het master-slave systeem bestaat uit een stuurbare naald met FBGs voor 
vormbepaling. Piezo-elektrische actuatoren sturen de kabels aan waarmee de oriëntatie 
van de tip wordt aangepast. De actuatoren worden aangestuurd door de arts via een 
master systeem. Een visualisatie van de naaldvorm gebaseerd op de FBG metingen wordt 
teruggekoppeld aan de arts. Hoofdstuk 9 gaat dieper in op het ontwerp van het systeem 
en de bijbehorende validatie in een gelatine fantoom.

Conclusie

Het onderzoek in dit proefschrift biedt een raamwerk voor de praktische implementatie van 
stuurbaarheid en vormbepaling met FBGs in naalden met een handmatige of robotische 
interface. De belangrijkste bijdrage van dit onderzoek is de technologische innovatie van 
naalden voor percutane interventies. Toekomstig werk zou toegespitst moeten zijn zowel 
op de vertaling van deze ontwikkelingen naar klinisch relevante instrumenten als op de 
integratie van deze instrumenten in de praktische gang van zaken in het ziekenhuis. Het 
onderzoek in dit proefschrift zal in de toekomst bijdragen aan het nauwkeurig bereiken 
van de target om optimale resultaten te boeken in percutane interventies in de lever.
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1.1 Motivation for this thesis

The first reports on the use of needles for medical purposes date back to 1853 in which 
Alexander Wood [1] and Charles Gabriel Pravaz [2] independently aimed at the 
administration of narcotics in a patient’s vein. After that, only small refinements have 
been made to the original design of the needles in order to increase safety and efficacy. 
Over the years, a range of needles varying in size, shape and material dedicated to specific 
percutaneous1 interventions has been developed. Today needles are used for regular 
purposes including blood sampling and vaccination as well as for advanced diagnostic 
(e.g. biopsy) and therapeutic (e.g. brachytherapy2 ) interventions. The target sites of these 
interventions can be located anywhere in the body, varying from superficial veins in case 
of blood sampling to deep-seated areas such as the liver.

The liver is an organ that is tucked away in the abdominal area, just below the lungs 
and the diaphragm, protected by the ribs (Figure 1.1) [3]. The liver plays a major role in 
metabolism and has many functions, including detoxification, production of proteins, and 
storage of energy and vitamins. Cancer of the liver is the fifth most commonly diagnosed 
cancer and the second most deadly form of cancer for men worldwide [4]. The diagnosis is 
usually made based on imaging (Figure 1.2) with ultrasound (US), computed tomography 
(CT), and/or magnetic resonance imaging (MRI), which is sometime supplemented by a 
biopsy [5]. The majority of the patients is ineligible for the preferred treatment (i.e. surgical 
resection3), because of the advancement of the disease. Liver transplantation is the second 
option, but unfortunately donor shortage sets limits to its application. Therefore, multiple 
other therapies are currently applied in clinical practice or discussed in literature to 
provide palliative treatment to patients who are ineligible to surgical resection or to bridge 
the time to transplantation [5, 6]. These interventions include locoregional4  treatments 
such as ablation5, trans-arterial chemoembolization6, and internal radiotherapy as well as 
systemic treatments. A selection of these treatments are effected through percutaneous 
needle insertion, such as radiofrequency ablation7, cryoablation8, microwave ablation9 and 
brachytherapy. An example of a needle that is used for radiofrequency ablation in the liver 
is presented in Figure 1.3.

1 	 Percutaneous: affected through the skin
2 	 Brachytherapy:  a form of radiotherapy in which sealed sources of radioactive material are inserted 

temporarily into body cavities or directly into tumors
3 	 Surgical resection: removal of all or part of an organ, tissue, or structure through surgery
4 	 Locoregional: limited to a localized area
5 	 Ablation: removal of a body part or the destruction of its function, as by a surgery, disease, or noxious 

substance.
6 	 Trans-arterial chemoembolization: injection of chemotherapeutic agents and/or inert particles into tumor 

vessels administered throughan artery
7 	 Radiofrequency ablation: the removal of tissue by heating it with a radiofrequency current passed through 

a needle electrode
8 	 Cryoablation: the removal of tissue by destroying it with extreme cold
9 	 Microwave ablation: the removal of tissue by destroying it with electromagnetic microwa
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Figure 1.1 Positioning of the liver in the human body.

Accurate positioning of the needle tip is essential in these interventions to maximize their 
therapeutic effect and to minimize the damage to surrounding tissue, especially when 
essential structures (vessels or nerves) are in the vicinity of the target [7, 8]. However, 
accurate positioning is complicated by tissue deformation and unpredictable needle 
deflection during insertion due to tissue inhomogeneity and needle asymmetries [9-12]. 
Once the point of insertion and the initial orientation of the needle have been selected, 
the pathway of the needle is mainly determined by the interaction between the needle and 
the tissue. Undesired deviations from the intended trajectory may be corrected through 
manipulation of the needle orientation at the point of insertion. When the needle does 
not reach its target with sufficient accuracy, the needle has to be removed and reinserted. 
Therefore, needle placement is usually an iterative process in which the needle is advanced 
little by little, while it is imaged in real-time or in between each advancement. 

Needle insertion in the liver is guided by US, CT or MRI [13]. US is widely used, because 
of its high contrast and ease of use, because the systems are mobile and the field of interest 
can be adjusted manually by positioning and orienting the probe. However, US only 
provides a 2-D view with limited spatial resolution, which makes imaging of the needle 
and the target at the same time difficult. Visualization of the liver is further complicated 

US CT MRI

liver liver liver

Figure 1.2 Examples of imaging of the liver executed with different modalities.
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Figure 1.3 Example of a needle for radiofrequency ablation in the liver (15 cm/14 G).

because the ribs and the lungs obstruct the view. CT provides the possibility to make 3-D 
scans with high spatial accuracy and is not affected by bony structures or air. The contrast 
in soft tissue can be increased by fluoroscopy. Disadvantages are the limited working 
space in the bore of the scanner and the radiation burden to patient and professionals. In 
practice, the patient is moved in and out of the scanner multiple times, before the target 
has been reached. MRI is able to image soft tissue and the effect of the treatment with 
excellent contrast without using ionizing radiation. Besides that, MRI is highly flexible 
regarding the field of view and orientation of the images. Still, MRI is seldom used to 
guide percutaneous needle interventions in clinical practice due to the lack of dedicated 
imaging sequences and instruments that are usable in the MRI environment.

The introduction of needles for ablation and brachytherapy in the liver has offered 
minimally invasive therapies to patients that were previously untreatable, but there is still 
room for improvement regarding effectiveness and efficiency of these therapies. One of 
these improvements focuses on accurate placement of the needles to maximize treatment 
effect and minimize undesirable side-effects. Active control of the needle trajectory 
increases the placement accuracy of the needle. Additionally, extensive information about 
the needle tip position and its interaction with the surrounding tissue may increase 
intervention efficiency, and can partially be provided by means of MRI. This thesis aims 
to contribute to the improvement of the needles for MRI-guided interventions in the liver.

1.2 Recent developments in literature

1.2.1 Needle steering

Controlling the needle trajectory calls for a mechanism to steer the needle in the desired 
direction. Three categories of needle trajectory control approaches have been suggested 
previously: base manipulation; telescopic mechanism; and needle asymmetries. The 
principles of these steering strategies are visualized in Figure 1.4 and further discussed 
below.

The idea of base manipulation is to orient the needle tip in the desired direction by 
applying moments at the handle of the needle. Dimaio and Sulcudean [14] present a 
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base manipulation telescopic mechamism needle asymmetry

Figure 1.4 The three main mechanisms for needle steering. In base manipulation, the orientation of the 
tip is adjusted by applying moments at the handle of the needle. In the telescopic mechanism, multiple 
precurved tubes are inserted through each other to create the desired needle shape. In the last mechanism, 
steering of the needle is initiated by the asymmetry of the forces that act on the needle tip.

robotic system together with a corresponding model for control purposes that steers a 
medical needle to the target by means of base manipulation. Glozman and Shoham [15] 
suggest a similar system, but with a different model for planning of the trajectory and the 
required manipulation, aiming at a reduced computational time to allow for closed loop 
control. It has been argued if the strategy of base manipulation still works when the needle 
is further inserted without inflicting tissue damage at the incision point [16]. Highly 
accurate manipulation at the base is required to obtain the desired or planned trajectory.

The telescopic needles consists of multiple coaxial, precurved tubes that run through each 
other. The position and the orientation of the needle tip can be controlled by extrusion and 
rotation of the individual pre-curved  tubes. Two different robotic systems consisting of 
three coaxial precurved tubes are presented in [17] and [18].  A large variety of trajectories 
can be obtained with such a needle, but the actual pathway depends to a large extent on 
the stiffness of the penetrated tissue, which makes it more suitable for applications in 
open space. In addition, not all steering actions are safe, for example, when the inner tube 
is completely extruded, rotation of this part is no longer an option, because it would result 
in large forces that could lead to tissue damage. Okazawa et al. [19] present a more simple 
design that is based on an existing biopsy needle and that consists of a rigid tube and a 
precurved probe. Actuation is either performed manually via a mechanical transmission 
or robotically.

The third steering strategy (i.e. needle asymmetry) utilizes the inherent steering effect 
of asymmetries of the needle tip (e.g. beveled and precurved tips). Webster et al. [20] 
present a robotic system that relies on needle bending introduced by a bevel tip. However, 
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Majewicz et al. [21] suggest that a bevel tip does not induce sufficient needle deflection 
during insertion to be clinically relevant with respect to steering. A precurved tip does 
induce significant steering without increasing the load to the tissue or introducing 
damage. The degree of bending is dependent on the stiffness of the needle, the degree of 
asymmetry at the tip, the insertion speed, and the mechanical properties of the penetrated 
tissue [21, 22]. Although the steering abilities of a precurved tip are evident, controlling 
the steering motion with such needles is not straightforward. Several authors [23-25] 
suggest to combine duty-cycling with a precurved needle tip to allow for a variable degree 
of bending, assuming that a straight path is obtained when the needle is continuously 
rotated around its longitudinal axis.

The asymmetric needles that are discussed above require indirect control of the trajectory 
by adjusting the insertion speed and rotating the needle, since the properties of the 
asymmetry cannot be changed. As an alternative to this, asymmetric needles have been 
presented, of which the curvature of the bend and its orientation can be controlled directly. 
An example is a needle that consists of two interlocking segments that slide along each 
other, while the extremities of the two segments are connected to each other, much like the 
locking mechanism in a zip-lock bag [26, 27]. A forward motion of one of the segments 
induces a backward motion of the other segment, which will result in a curved shape. The 
advantage of needles of which the curvature and orientation can be controlled directly is 
that no rotation is required to adjust the needle trajectory. These needles may limit tissue 
damage and allow for intuitive manual control. 

1.2.2 Tracking of needles in MRI

Magnetic resonance imaging (MRI) allows for visualization of anatomy and physiological 
function of the human body. MRI scans are made by subsequently aligning hydrogen 
atoms in the body through the application of a magnetic field, flipping the spinning 
direction of the hydrogen atoms by applying a radiofrequency pulse, and measuring 
change of the radiofrequency signal emitted by the hydrogen atoms during relaxation. 
MRI has excellent contrast in soft tissue and does not use ionizing radiation for imaging. 
Besides this, scanning planes and orientations can be freely chosen in MRI. A drawback 
of MRI is that the strong magnetic field limits the use of ferromagnetic materials in the 
vicinity of the scanner and of long conductors in the scanner.

Several methods to track equipment in MRI-guided interventions have been                  
researched [28]. These methods either rely on the imaging system itself or on an external 
system that is dedicated to tracking of the needle. Tracking based on the imaging system 
can be passive or active. Passive tracking relies on the artefact10 that is introduced by the 
instrument itself and active tracking on a coil that is integrated in the instrument. Passive 
tracking can be enhanced by incorporating materials in the needle that create a larger 
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artefact with higher contrast. Passive tracking is limited to visualization of the instrument 
and does not quantify its position in space, whereas active tracking results in information 
about the position of the instrument tip and its orientation in case multiple coils are 
incorporated. Both methods are limited by the update frequency of the MRI.

Spatial information about the instrument can also be provided by a separate external or 
internal tracking system. In an external referencing system consisting of multiple cameras, 
light-emitting or reflecting markers that are mounted on the handle of the instrument are 
localized. Such a system can only detect markers that are positioned within the field-of-
view of the cameras. Information about the tip of the instruments is therefore based on 
the inaccurate assumption that the needle remains completely straight during insertion. 
Information about the shape of the instrument can only be obtained based on sensors 
that are integrated in the instruments, such as strain sensors. Small electrical strain gauges 
can be added to a needle for this purpose [29], but the electrical circuit interferes with the 
MRI. Alternatively, optical sensing, for example with fiber Bragg gratings can be applied.

A fiber Bragg grating (FBG) is a grid etched in the core of an optical fiber [30, 31]. When 
a broad spectrum of light is introduced in the fiber, the FBG reflects one wavelength that 
corresponds to the period of the grid (Figure 1.5). When the fiber is strained at the location 
of the FBG, the period of the FBG and consequently the wavelength it reflects change, 
as a result of which an FBG functions as an optical strain sensor. Multiple FBGs can be 
incorporated in a single optical fiber that has a typical diameter of 250 μm. Unlike electrical 
strain gauges, FBGs do not require an electrical circuit, because the fiber acts as both the 
sensing element and the signal propagation conduit. These advantages make FBGs ideal 
candidates for integration in small medical equipment such as needles. However, optical 
fibers are usually made of glass, which is vulnerable because of its brittleness. Besides that, 
FBGs have a cross-sensitivity to temperature. These two factors call for a sophisticated 
design and manufacturing process in order to create an accurate sensor.

FBGs have been applied in various fields [32], including health monitoring of civil 
structures [33] and strain measurements in composite structures [34]. An overview of the 
use of FBGs in the medical field is provided in [35]. Medical applications include strain 
sensing in the musculoskeletal system, detection of physiological parameters (e.g. chemical 
concentration, pressure, temperature), monitoring of the effect of treatments such as high-
intensity focused ultrasound, and many more. Application of FBGs for the purpose of 
tracking of medical devices through shape and force sensing has also been suggested.

10	 Artefact: distortion or fuzziness of an image caused by manipulation
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FBG-based shape sensing systems typically comprise three optical fibers with multiple 
FBGs each. When the FBGs in the fibers are aligned with each other, strain is measured 
at three locations within one cross-section, based on which the curvature of the device at 
that location can be determined. The shape of the device and the corresponding position 
in space is reconstructed by combining the curvatures at the locations of the FBGs. Shape 
sensing based on FBGs has previously been integrated in endoscopes [36-38], laparoscopic 
tools [39], and needles [40-42]. However, extensive research on the implementation of 
shape sensing in clinical practice is lacking.

FBG-based force sensing may also be able to provide information about the location 
through identification of the mechanical properties of the punctured tissue type. When 
an FBG is attached to the tip of the needle, the strain in the FBG is dependent on the 
stiffness of the needle and on the force that is exerted on the needle tip. The force acting on 
the needle tip is introduced by the mechanical interaction with the punctured tissue and 
relates to the tissue-specific stiffness and toughness [43]. Once multiple optical fibers are 
integrated in a needle for the purpose of shape sensing, it is relatively straightforward to 
add FBG-based force sensing, because multiple FBGs can be incorporated in a single fiber. 
For example, in [44] an FBG is incorporated in the tip of an ablation catheter to measure 
if the catheter has punctured the cardiac wall. FBGs have also been integrated in tools for 
retinal surgery in order to measure the interaction forces between the instruments and the 
tissue [45, 46]. Finally, shape sensing has been combined with force sensing in a biopsy 
needle that is compatible with MRI [47].
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Figure 1.5 Working principle of a fiber Bragg grating (FBG). From the broad spectrum of light with 
intensity (I) that is introduced in the fiber, one wavelength (λB) is reflected by the FBG. When the fiber is 
strained, the reflected wavelength changes accordingly.
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1.3 Aim

The aim of this thesis is to develop ‘smart needles’ by improving the needles that are used 
for percutaneous interventions in the liver. These smart needles will allow for dexterous 
navigation for accurate targeting. More specifically, the goals are:

I.	 To develop steerable needles that are compatible with MRI, so that the pathway of 
the needle can actively be adjusted during needle insertion, while local high-contrast 
images are obtained with MRI.

II.	 To develop sensorized needles for spatial tracking and tissue characterization to 
provide information about the needle position and the mechanical interaction with 
the tissue that the needle encounters during insertion.

III.	 To integrate steerability and sensors in a robotic needle insertion system that operates 
while the patient is situated in the scanner. Such a system supports the physician in 
accurate needle positioning and allows for continuous imaging of the target during 
insertion.

1.4 Content, contributions and outline

The chapters of this thesis are independent articles, which have previously been published 
in scientific journals or are currently under review. Because of this, the content of individual 
chapters is partly overlapping. Some chapters are supplemented with additional data, a 
more extensive explanation, or recent developments.

The key contents of this thesis are summarized as follows.

Design, optimization and evaluation of steerable needles that are compatible with MRI. A 
total of three prototypes were fabricated. 
-- Chapter 2 presents the first prototype and its evaluation. This prototype contains a 

steering mechanism with which the distal section of the needle can be oriented in 
different directions through a combination of cables and hinges. Evaluation of the 
steerability of this prototype shows that extensive steering can be achieved with 
this steering mechanism, although a number of improvements are needed to ensure 
optimal functioning.

-- 	These improvements are implemented in the second prototype, which is presented in 
Chapter 3. This prototype is designed to be compatible with MRI and has a handle 
that allows for manual control of the needle. Experiments in the MRI show that the 
trajectory of the needle can be adjusted after the needle has been inserted.
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Design, optimization and evaluation of FBG-based shape sensing needles. The purpose of 
shape sensing is to provide information about the position and orientation of the needle 
tip to the physician and/or to the controller of a robotic system.
-- The first prototype of a shape sensing needle is discussed in Chapter 4. This prototype 

is a medical needle that contains three optical fibers with two FBGs in each needle. 
The needle tip position can be determined with an accuracy of about  1 mm in 2-D

-- Chapter 5 reports on the possibilities to optimize FBG-based shape sensing in order 
to increase this accuracy. Possibilities that are investigated include optimization of the 
shape sensing model, an increased number of FBGs, optimization of the positions of 
the FBGs, and a calibration method.

-- Based on the findings in this chapter, a second prototype is built that contains five 
FBGs per optical fiber. The design of this prototype is presented in Chapter 6 together 
with 3-D accuracy that is determined in a clinical setting.

Design and evaluation of a needle with an FBG-based force sensor. Tissue that is 
encountered during needle insertion can be characterized based on the force it exerts on 
the needle. Chapter 7 describes the design of a needle, which tip is equipped with an FBG 
to the end of force sensing. The challenges in FBG-based force sensing are discussed as 
well.
-- The integration of a steerability and shape sensing in an MRI compatible robotic 

system for needle steering in percutaneous interventions in the liver. Such a system 
aims at remote control of a steerable needle to allow for treatment of a patient that 
is situated in a scanner. Chapter 8 elaborates on the development and evaluation of a 
robotic system.

This thesis is concluded by Chapter 9 with a discussion of the work presented in         
Chapter 2 to 8 together with a general conclusion and recommendation for future work.
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Abstract

Background In percutaneous needle interventions, the success of the treatment is dependent 
on the accuracy with which the tip of the needle is positioned at the target. Currently, 
straight needles are used, which deflect unpredictably during insertion due to asymmetries 
in the needle and unknown properties of the surrounding tissue. The ability to actively 
steer the needle towards the target may improve endpoint accuracy and thereby optimize 
the clinical outcome.  The aim of this research is to evaluate the steerability of a needle 
with an actuated tip.

Method The needle consists of an actively bendable tip with hinges and a passively compliant 
shaft. The deflection and orientation of the tip can be controlled by pulling cables that run 
through the needle and are attached at the tip. Experiments are executed to evaluate the 
relationship between steering angle and the resulting deflection of the needle. The steering 
angle of the tip is fixed and the needle is inserted in an ex vivo model multiple times, while 
the deflection of the needle tip is monitored with ultrasound. 

Results The degree of deflection depends on the steering angle that is applied at the tip. 
Deflections up to 17 mm occur at an insertion depth of 40 mm when a steering angle of 
3° is applied to the steerable tip. The direction of the needle deflection is highly variable 
in these experiments.

Conclusion Needle steering using an actuated needle tip is feasible. To improve directional 
control the design of the needle needs to be adjusted. Future designs should be stiffer to 
withstand high stiffness forces in the tissue.
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2.1 Introduction

Target accuracy is essential for the success of many needle interventions, such as tumor 
ablation in the liver. If the needle tip is not positioned correctly, healthy tissue is destroyed, 
while diseased tissue remains [1]. Besides this, patients can be excluded for the treatment 
when the target cannot be reached with a straight needle (e.g. certain regions in the 
liver are surrounded by the lungs and ribs). Positioning of the needle is complicated 
by unpredictable deflection of the needle caused by asymmetries of the needle and 
inhomogeneities of the tissue [2]. It commonly occurs in current clinical practice that 
the needle needs to be inserted multiple times to reach the target. This results in longer 
treatment times and more discomfort for the patient. 

Proposed strategies to improve the accuracy of needle placement include path planning 
based on tissue models that predict needle deflection [2-5] and robotic systems for 
controlled needle steering [6-10]. An actively steerable needle may allow for higher target 
accuracy and enlarge the accessible area. Several designs of steerable needles have been 
proposed previously. Sears and Dupont [11] presented a steerable needle that consists 
of a number of curved concentric tubes that can be pushed out. Frasson et al. [12] 
designed a flexible multi-part probe with a programmable bevel tip. In the approach of                        
Misra et al. [13], a needle with a bevel tip is rotated to control the degree and direction 
of bending during insertion. Rotation of these needles is required to reorient the steering 
direction.

This research aims to evaluate the feasibility of needle steering by means of an actuated 
tip. The controllability of the degree and direction of bending of the needle is quantified. 
The steerability of the prototype is tested in an ex vivo environment by fixing the steering 
angle and monitoring the corresponding deflection of the needle with ultrasound (US).

2.2 Materials and methods

2.2.1 Design of the steerable needle

The prototype consists of an actively steerable tip and a compliant shaft that passively 
follows (Figure 2.1). The steerable tip consists of nine stainless steel hinges produced by 
laser cutting and a conical stainless steel tip. The length of the complete tip is 24 mm. 
The hinges have a total length of 8.0 mm and the maximal steering angle is approximately 
7°. The shaft is a PEEK tube with an inner and outer diameter of 1.5 mm and 2.0 mm, 
respectively. A ring of steering cables is positioned in the shaft and connected at the very 
end of the tip to provide actuation to the steering segment. This actuation system is 
according to the system described by Breedveld et al. [14]. 
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The steering cables are stainless steel cables (0.32 mm, 1x12). A core cable (0.54 mm, 7x7) 
is added in the middle to fill up the tube and keep the steering cables in place. Deflection of 
the tip is achieved by pulling one or multiple steering cables (Figure 2.2). The orientation 
of the tip can be adjusted by pulling different cables.

flexible PEEK tube

steering cable

filling cable

20 cm 2.4 cm

flexible shaft steerable tip

Figure 2.1 Schematic view of the needle. The needle consists of a passively compliant shaft and an actively 
steerable tip. Actuation of the steerable tip is provided by a ring of steering cables that run through the 
shaft and are attached to the tip.

flexible PEEK tube
steering cables

filling cable

Figure 2.2 Working principle of the steerable needle. The tip bends when a cable is pulled. Each of the 
eight steering cables forces the tip to bend in a different direction.
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2.2.2 Experimental set-up

The prototype was tested in an ex vivo environment according to the set-up shown in 
Figure 2.3. The needle was attached to a vertically positioned linear stage (PRO 115, 
Aerotech, USA) by means of a custom made steering unit. The linear stage was actuated 
with a motor (EC 40, Maxon Motor, Switserland) and the position of the stage was 
measured with an optical incremental encoder (2RMHF, Scancon, Denmark). The motor 
was controlled with a dSPACE board (DS1104, dSPACE, Germany) with a user-interface 
(ControlDesk 3.4, dSPACE, Germany). A rigid arm that holds the US transducer was 
attached to the stage, so that the field-of-view was continuously aligned with the needle 
tip during insertion.

The ex vivo model consisted of a porcine liver lobe embedded in gel (1% Agar-Agar, 0.9% 
NaCl solution in water). The model was prepared in a Plexiglas box (230x110x80 mm) 
of which one side can be removed to allow direct contact between the model and the US 
transducer. During the experiments, the box with the porcine liver was placed in a water 
tank that was positioned under the stage to optimize transmission. The US transducer 
was positioned in plane with the needle tip. Outside the tissue, the needle was guided by 
a rigid tube to avoid buckling of the needle. First the needle was inserted approximately 2 
cm into the model. Then a fixed steering angle of 0°, 1°, 2° or 3° to the right was applied 
to the tip of the needle with the steering unit. After that, the needle was inserted into the 

linear stage

steering unit
arm

US transducer

liver lobe
agar-agar gel

plexiglas box

water tank

needle

rigid tube

Figure 2.3 Schematic view of the experimental set-up. The needle is connected to a steering unit that is mounted 
on a linear stage. A rigid arm that holds the ultrasound transducer is also connected to the linear stage. The 
needle passes a rigid tube before it enters the model to avoid buckling. The ex vivo model consists of a porcine 
liver lobe that is embedded in gel. The model is placed in a box that is put in a water tank during the experiments. 
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15 mm
10 mm

Figure 2.4 An example of an ultrasound image on which the needle tip is visible (indicated by white circle). 
The images are provided at 25 frames per second with an accuracy of 0.375x0.333 mm.

model with a constant velocity of 5 mm/s aiming at a penetration depth of approximately 
60 mm. The measurements were repeated six times per steering angle. During insertion 
the needle tip was tracked with a transducer (6C2 Ultrasound Transducer, Siemens) and 
a US imaging system (Acuson Sequoia 512, Siemens, Germany) at a rate of 25 frames per 
second with a calibrated accuracy of 0.375x0.333 mm. Figure 2.4 shows an example of an 
ultrasound image of the needle tip during insertion.

2.3 Results

During insertion of the needle in the ex vivo model, the insertion depth and the deflection 
of the needle tip are monitored. We aimed at a constant insertion depth of 60 mm, but 
in most experiments the insertion needed to be aborted prematurely, because the tissue 
could not be penetrated further or because the needle tip moved out of the field of view 
of the US.

Figure 2.5 shows the insertion paths of the needle when the steering angle was set to 0° 
and to 3°. When the needle tip was straight, the path of the needle during insertion was 
almost straight. When a steering angle was applied, the needle deflects during insertion.

Figure 2.6 shows the total deflection of the needle at an insertion depth of 40 mm. The 
experiments in which the total insertion depth did not exceed 40 mm were disregarded. 
Data was linearly interpolated when no data was available at the exact insertion depth of 
40 mm. When a steering angle of 0, 1°, 2°, and 3° is applied to the tip, the ranges of needle 
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Figure 2.5 Deflection of needle in x-direction and y-direction during insertion in z-direction for six 
repeated tests with a steering angle of 0° (left) or 3° (right). When the steering angle is set to 0°, the 
needle moves almost straight through the tissue. Deflection occurs when a steering angle is applied, but 
the direction of deflection does not correspond to the steering direction of the tip.

deflection were 0.58-1.2 mm, 1.1-4.1 mm, 4.3-9.6 mm, and 10-17 mm, respectively, at 
an insertion depth of 40 mm. The deflection of the needle increases when the steering 
angle at the tip is increased. This indicates that steering of a needle with an actuated tip 
is feasible. 

Figure 2.7 shows the deflections in x-direction and y-direction of the needle tip at an 
insertion depth of 40 mm for each experiment. Although the degree of steering of this 
prototype is related to the steering angle applied at the tip, the direction of deflection was 
unpredictable. The needle tip was expected to follow a path that was in the direction of the 
steering angle (only deflections in positive x-direction), but the actual direction differed in 
each measurement. This effect is especially present when a large steering angle was applied 
to the actuated tip.
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2.4 Discussion 

This research aimed at evaluating the feasibility of steering by means of an actuated needle 
tip. A prototype consisting of a steerable tip and a compliant shaft that passively follows 
the tip was produced and evaluated in an ex vivo set-up. Results showed that a needle with 
an actuated tip does allow for steering and that the degree of deflection of the needle is 
related to the steering angle applied at the tip. Only small tip angles were needed to initiate 
the deflection that is required for steering. However, the direction of movement could 
not be controlled well with this prototype and became particularly unpredictable when 
a large steering angle was applied to the tip. The properties of the tissue that the needle 
encounters during insertion may play a role in this. For example, when the needle tip runs 
into a stiff membrane or vessel and the tip is not sharp enough to puncture this structure, 
the needle will deviate from its original trajectory.

Properties of the needle itself also affect the direction of steering. The steering angle is 
set with the steering unit, but this is not translated one-to-one to the needle tip due to 
irregular tensioning of the cables. In addition, friction occurs between the cables and the 
cables can twist during the experiments. Besides this, the alignment of the hinges can be 
disturbed during the experiments due to wear. To solve these issues, the design of the 
needle has to be adjusted. Friction between and torsion of the steering cables needs to be 
eliminated. The stiffness of both the flexible shaft and the needle tip has to be increased 
to allow penetration of real tissue that can be stiff and strong. The cutting tip needs to be 
sharper to enable the passage through tough tissues. The improved steering mechanism 
allows for full control of the needle trajectory without introducing the need for rotation 
of the needle.

Apart from improvements to the design, the ability to control the path of the needle could 
be improved by real-time monitoring of needle deflection. One possibility to do so is the 
implementation of fibers with fiber Bragg gratings (FBGs) in the needle. FBGs measure 
strain and can be used to acquire information on the direction of the deflection [15]. When 
three fibers with multiple FBGs each are incorporated in the needle, strain at three positions 
in one cross-section are provided. The bending radius and the direction of bending at that 
position can be reconstructed by combining these three strain measurements. Based on 
this shape information, a clinician can adjust the tip orientation to follow the correct path 
to the target when the improved needle design allows for controllable steering.

Unlike the steerable needles that are proposed previously [11-13], a needle with a steerable 
tip that is equipped with FBGs for shape sensing that allows for controllable steering does 
not need a priori trajectory planning. The location of the needle tip and the path of the 
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needle are monitored in real-time and can be adjusted at any moment during insertion. 
When the needle encounters unexpected structures, the path of the needle can be adjusted 
accordingly and withdrawing of the needle is not necessary.

2.5 CONCLUSION 

The steerability of a needle with an actuated tip is evaluated. For this prototype only small 
steering angles are needed to enable significant deflection of the needle. The resulting 
degree of bending is related to the steering angle that is applied to the tip, but the direction 
of bending cannot be controlled well in this prototype. A redesign is needed to withstand 
internal (friction and torsion of the cables) and external (mechanical interaction with the 
punctured tissue) disturbances.
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Abstract

Background To develop and evaluate a manually controlled steerable needle that is 
compatible with and visible on MRI to facilitate full intra-procedural control and accurate 
navigation in percutaneous interventions, such as high-dose-rate brachytherapy.

Method The steerable needle has a working channel that provides a lumen to a cutting 
stylet or a regular therapeutic instrument. A steering mechanism based on cable-operated, 
compliant elements is integrated in the working channel. The needle can be steered by 
adjusting the orientation of the needle tip through manipulation of the handle. The 
shaft of the needle is flexible and passively follows the trajectory of the needle tip. The 
relationship between the steering angle at the tip and the path curvature is investigated 
in a gel phantom by fixing the steering angle and tracking the resulting trajectory of the 
needle tip. The possibility to control the needle path under MRI-guidance is evaluated by 
manually steering the needle to different targets in a gel phantom that was placed in the 
bore of the scanner.

Results The degree of deviation from a straight trajectory is related to the steering angle 
applied to the needle tip. Furthermore, the possibility to steer a needle to targets at 
different locations while starting from the same initial position and orientation under 
MRI-guidance is demonstrated. Sequences that are generally available for interventional 
procedures are able to visualize the needle and its tip.

Conclusion A manually controlled steerable needle compatible with and visible on MRI 
was developed to allow for intra-procedural trajectory optimization in percutaneous 
interventions. The design offers flexibility to the physician in control and choice of the 
needle path when navigating the needle towards the target position. This introduces the 
possibility to optimize the individual treatment and may increase target accuracy.
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3.1 Introduction

Liver cancer is the fifth most commonly diagnosed cancer and the second most deadly form 
of cancer in men worldwide [1]. In addition to the preferred treatment options (surgical 
resection and transplantation [2]), multiple other therapies are suggested including high-
dose-rate (HDR) brachytherapy. HDR brachytherapy as a therapy for liver cancer is 
still in an experimental phase [3, 4], but its effectiveness has been shown previously in 
prostate cancer [5, 6]. HDR brachytherapy is not influenced by the heat losses through 
blood flow like ablative techniques and is more flexible regarding the number of tumors 
and the tumor size, so this treatment could be beneficial for patients that are otherwise 
untreatable.

The success of HDR brachytherapy and other percutaneous needle interventions is highly 
dependent on accurate positioning of the needle tip. However, this can be complicated 
by unpredictable needle deflection and target movement due to tissue deformation 
and breathing [7]. Source placement in brachytherapy is most commonly guided by 
ultrasound or CT [3, 8], but nowadays interest in MRI is increasing because of its lack 
of ionizing radiation and its excellent soft tissue contrast [9, 10]. Additionally, MRI 
can provide structural, functional and physiological tissue parameters, which facilitates 
immediate visualization of the effect of the treatment [11, 12]. Currently, needles are 
navigated to the target position by means of an iterative process in which the needle is 
advanced and imaged subsequently in case of image-guidance through CT or fluoroscopy. 
In interventions guided by ultrasound, needle insertion and imaging are executed 
simultaneously. Irrespective of the imaging modality, the direction of insertion can hardly 
be adjusted once the needle has penetrated the tissue, which limits the control options to 
either advancing or retracting and reinserting the needle.

This research aims at the development of a manually controlled steerable needle that is 
compatible with and visible on MRI to provide active control of the needle trajectory during 
insertion for accurate tip positioning. Multiple steering strategies have been proposed 
previously, which include base manipulation [13, 14], telescopic mechanism [15, 16], 
and asymmetric (beveled and precurved) needle tips [17-19]. Most of these approaches 
involve simultaneous control of multiple degrees of freedom, computer controlled 
path planning and predictive models, which is not yet attainable for implementation in 
clinical practice. This work describes the design and the validation of a needle that can 
be manually actuated and controlled by the physician under image guidance and thereby 
offers  flexibility in navigation to the target position. The performance of the instrument 
is further evaluated by an in vitro MRI-guided intervention. 
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3.2 Materials and methods

3.2.1 Steerable needle

The manually controlled steerable needle consists of three main parts (Figure 3.1): cutting 
stylet,  working channel, and handle with slider to lock the steering mechanism. The distal 
part of the working channel can actively be oriented into the right direction with the 
handle, while the flexible needle shaft passively follows as the needle progresses through 
the tissue. The cutting stylet runs through the working channel and can be replaced by 
a diagnostic or therapeutic instrument when the target has been reached. The working 
principle of the manually controlled steerable needle is visualized in Figure 3.2. The 
extremities of four steering cables are attached to the middle part of the handle and to 
the tip of the working channel, respectively. The distal part of the needle can be locked in 
a straight position by pushing the slider forward. When the lock is released, the handle 
can be rotated with respect to the needle, so that at least one of the cables is pulled, which 
causes the needle to deflect at the distal end. Rotation of the handle is bounded through 
a mechanical stop in the handle which limits the bending angle at the distal end to 20° in 
all directions.

The cutting stylet with a diameter of 1.9 mm consists of three parts: a flexible polyether 
ether ketone (PEEK) tube; a highly flexible part made out of Teflon; and a titanium 
conical tip connected to each other by means of press fittings. The titanium tip generates 
a larger artefact than other parts, which enhances its visibility. The working channel is a 
PEEK tube with an outer and inner diameter of 3.2 and 2.0 mm, respectively. Four grooves 
are milled along the working channel to provide space for the Dyneema steering cables

handle with lock
diameter: 16 mm
length: 92 mm

working channel
diameter: 3.3 mm
length: 228 mm

cutting stylet
diameter: 1.9 mm

steerable tip with hinges
length: 22 mm

Figure 3.1 The steerable needle: handle, steerable shaft, and cutting stylet; b) working principle.
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Distal end Middle HeadSlider Steering cables

Figure 3.2 Working principle of the steerable needle.

 (Nanofil, Berkeley, USA). In addition, three pairs of radial grooves are milled in the distal 
part of the working channel to create compliant elements in the steerable tip with a length 
of 22 mm. The three pairs are positioned with a spacing of 5.0 mm and oriented in 120° 
with respect to each other to allow for bending of the tip in all directions. The working 
channel is covered with a biocompatible polyethylene terephthalate (PET) shrinking 
tube (103-0302, Vention Medical – Advanced Polymers, USA). The polyoxymethylene 
(POM) and PEEK handle consists of four main parts (Figure 3.1): 1. the distal end that 
provides an easy pencil grip; 2. the middle part to which the cables are attached; 3. the 
head of the handle that contains a hinge and connects to the needle; 4. The slider with 
which the needle can be fixed in the straight position.

3.2.2 Validation of steering

The relationship between the steering angle of the tip and the resulting path curvature 
was evaluated in an in vitro set-up (Figure 3.3). The needle was attached to a linear stage 
(Aerotech PRO 115, Aerotech Inc., USA) and the steering angle at the distal end of the 
needle was fixed. Then the needle was moved down with a constant speed of 5 mm/s 
into a gel phantom (1% Agar-Agar and 0.9% NaCl in 2L water), until the needle had 
reached an insertion depth of approximately 60 mm. During insertion in y-direction, the 
needle was registered with an optical camera with a resolution of 0.12 mm. The resulting 
images were stored for analysis of the deflection of the needle afterwards. Three steering 
angles (4.7°, 12.6°, 20.3°) were applied to the needle tip in x-direction. After this, the gel 
phantom was replaced by a tissue phantom that consisted of a porcine liver embedded 
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linear stage

steering unit

agar-agar gel

plexiglas box

needle

rigid tube

steering angle

Figure 3.3 Schematic views of the experimental set-up to evaluate the steering mechanism using a linear 
stage.

in gel. The optical camera was replaced by a transducer (6C2 Ultrasound Transducer, 
Siemens) and an ultrasound imaging system (Acuson Sequoia 512, Siemens, Germany) 
that registered the needle tip at a rate of 25 frames per second with a calibrated accuracy 
of 0.375x0.333 mm. Each experiment was repeated six times per steering angle.

3.2.3 MRI-guided intervention

The aim of the in vitro MRI-guided intervention was to show how the needle trajectory 
can be controlled using real-time feedback obtained by MRI. The needle was inserted in a 
gel phantom (15% gelatin in 5L water in a 15x17x21 cm transparent box) to reach targets 
at different locations while starting from the same entry point and initial orientation. The 
targets were positioned at a depth of 120 mm. The first target was positioned 31 mm 
to the right and 2 mm below the point of insertion. The second target was positioned               
4 mm to the left and 24 mm above the point of insertion. The phantom was positioned 
in the middle of the bore of the 1.5 T whole body MRI scanner (Philips Healthcare, The 
Netherlands) and the open side of the box was aligned with the opening of the bore. A coil 
setup consisting of two elliptical elements of 14×17 cm was applied for signal reception. 
One of the researchers was positioned next to the scanner and inserted the needle in 
the phantom to subsequently reach two targets starting at the same point of insertion.    
Figure 3.4 provides an overview of the set-up of this experiment.
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screen

MRI scanner

phantom
steerable
needle

physician/
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Figure 3.4 Schematic views of the experimental set-up to evaluate of the integration of the steerable needle 
in an MRI-guided treatment.

A volume scan was made for planning. Based on the volume scan, angulated coronal and 
sagittal planes were selected in such a way that both the needle tip and the target were 
enclosed in the interception of the planes. These planes visualized the deflections of the 
needle to the left and to the right and deflections upward and downward. The fast dual-
plane dynamic scans of these planes were shown on a display in the MRI-room to provide 
insight in the required steering motion to the researcher during the procedure. The scan 
parameters of the volume scan and the intra-procedural dual-plane dynamic scans are 
provided in Table 3.1. Advancement of the needle was executed iteratively by subsequently 
updating the dual-plane dynamic scans, deciding on the manipulation required to reach 
the target (left-right and up-down), and applying the manipulation while advancing the 
needle approximately 1-2 cm. Both the volume and the dual-plane scans obtained during 
the procedure were stored for post-procedural analysis to verify if the targets had been 
reached.

The 3-D volume scans were post-processed according to a reconstruction method 
known as center-out radial sampling with off-resonance (coRASOR) reconstruction. 
This reconstruction aims at selective depiction of the needle with high positive contrast. 
CoRASOR reconstructions were performed in Matlab (The MathWorks, USA) using 
an off-resonance value of 5000 Hz. A detailed description of both the principles and 
the workflow of the coRASOR reconstruction method can be found elsewhere [20-22]. 
Background suppression was obtained by subtracting the on-resonance image from the 
coRASOR reconstructed image [20].
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Table 3.1 MRI scan parameters.

Volume scan Dual-plane dynamic scan

Type 3-D, ultra-short echo 
time, free induction decay 
sampling with a center-out 
radial read-out 

2-D, free induction decay 
sampling with a center-out 
radial read-out [22]

Field of view 192x192x192 mm3 192x192 mm2

Slice thickness - 10 mm

Acquired/reconstructed isotropic 
voxel size 

1.5/1.0 mm 1.5/1.0 mm

Echo time (TE) 0.34 ms 0.75 ms

Repition time (TR) 3.27 ms 3.34 ms

Flip angle 15˚ 25˚

Read-out bandwidth 1332 Hz/pixel 1332 Hz/pixel

Scan duration 1min 48s 2.1 s/dynamic scan

3.3 Results

3.3.1 Validation of steering

Figure 3.5 shows the trajectories that the tip of the needle followed during insertion in the 
gel as monitored by the optical camera. Deflection is defined as the perpendicular distance 
between the actual needle trajectory and a straight vertical trajectory. As expected, a larger 
steering angle results in more deflection, although variation is present. After the needle 
was advanced over 60 mm in the gel phantom, the deflections ranged from 2.2-3.8 mm, 
6.3-9.6 mm, and 9.1-13.3 mm for a steering angle of 4.7°, 12.6°, and 20.3°, respectively. 
The deflections of the needle at an insertion depth of 60 mm in the liver phantom ranged 
from 1.3-5.1 mm, 0.8-15.7 mm, and 4.6-18.9 mm for a steering angle of 4.7°, 12.6°, and 
20.3°, respectively.

3.3.2 MRI-guided intervention

First the needle was inserted and a volume scan was made to determine the location of 
the needle tip and the target. Based on this scan, the two imaging planes to be displayed 
intra-procedurally were selected. An example of the dual-plane dynamic scans is shown in    
Figure 3.6c. These images demonstrate that the needle can clearly be visualized, without 
inducing large image distortions of signal voids. The first plane was an oblique plane 
between the coronal plane and the transversal plane. This plane provided information 
about steering actions in the left-right direction. In this plane, the tip visualization is 
enhanced through its artefact. The second plane was orthogonal to the first plane and 
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Figure 3.5 The trajectories that the needle tip followed during insertion in the gel or liver phantom. 
Generally, a larger steering angle results in more deflection of the needle than a smaller angle.

provided information about upward and downward steering. Both planes included the 
entry point and the target. The hypointense band that is visible in the second plane 
indicates the cross section of the first imaging plane and is caused by saturation effects 
present due to the short acquisition times of the dual-plane imaging sequence.

Figure 3.6 provides a selection of dynamic images of the second plane obtained in between 
the iterative insertion steps to reach the two targets. The first three images (Figure 3.6a-c) 
show three out of the seven steps in which the needle is approaching the first target. After 
the first target has been reached, the needle is retracted and new planes are selected that 
include the second target. Figure 3.6d-i show six out of eleven steps that were required to 
target the second target. The first attempt to target the second target (Figure 3.6d-f ) was 
not successful, because steering was only initiated when the needle tip was already close 
to the target. Therefore, the needle was withdrawn and the target was reached in a second 
attempt (Figure 3.6g-i).

After the intervention, the MRI scans were subjected to post-processing. CoRASOR-
recontructed 3-D volume scans enabled positive contrast visualization of the needle 
trajectories in 3-D, as shown in Figure 3.7. The targets are depicted with relatively high 
intensity as compared to the gel medium on the maximum intensity projections, but the 
needle is presented hyperintense. The orthogonal maximum intensity projections confirm 
that both targets are successfully reached from a single entry point while solely supported 
by 2-D MRI guidance.
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Figure 3.6 A selection of the two-plane images provided to the researcher during needle insertion: a-c) 
show the iterative process in which the first target is targeted; d-f ) show the first attempt to target the 
second target; and g-i) show the final and successful attempt to target the second target.

3.4 Discussion

This work aimed at the development and evaluation of a manually controlled steerable 
needle to provide active control in MRI-guided interventions that require accurate 
targeting, such as HDR brachytherapy. The orientation of the tip of the proposed 
needle could be adjusted by manipulating the handle thereby steering the needle in the 
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Figure 3.7  Orthogonal scans of the final needle trajectory obtained through post-processing by means of 
the coRASOR reconstruction.

required direction. The shaft of the needle passively followed. The needle was designed to 
be compatible with MRI and mainly consists of plastics. The titanium tip was the only 
exception and generated an artefact that improved its visibility on MRI. 

In vitro experiments in gel showed that the steering angle applied to the tip of the needle 
determined the degree of deviation from a straight trajectory during insertion, which 
indicated that the needle trajectory could be adjusted by manipulating the tip orientation. 
Variations in deflection resulting from the same steering angle at the tip may have been 
due to variable friction and other mechanical losses in the needle. This did not necessarily 
affect the target accuracy since the trajectory could be adjusted at any time during insertion.

A second set of in vitro experiments was performed to further evaluate the needle in an 
MRI-guided procedure. In these experiments, the needle was successfully navigated to two 
targets at different locations starting from the same entry point with the same orientation, 
illustrating several important findings: 1) the developed needle can be visualized using a 
generally available dynamic MR imaging technique using a clinically relevant and realistic 
slice thickness of 10 mm; 2) the needle does not induce large image distortions or signal 
voids, enabling the simultaneous depiction of both the needle and surrounding soft tissue; 
3) the steering abilities of the needle facilitates accurate navigation, enabling MR-guided 
targeting of predefined locations; 4) the paramagnetic properties of the titanium tip 
facilitate selective positive contrast visualization when increased specificity is necessary.
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A steerable needle offers active control to the physician, so that the trajectory of the needle 
can be adjusted intra-procedurally. This reduces the need for retraction and reinsertion 
when the planned trajectory is not resulting in the correct position of the needle tip due 
to unforeseen needle deflection or tissue deformation. The steerability of the needle also 
introduces the possibility to reach multiple targets from a single point of insertion, which 
could be of added value when therapy needs to be applied to multiple locations (e.g. in 
case of multiple tumors). In addition, curved paths can be obtained so that penetration 
of critical and vulnerable structures (e.g. blood vessels or the lungs) can be avoided. 
The proposed needle could therefore facilitate individual treatment optimization and 
contribute to the accuracy of needle placement in image-guided interventions such as 
HDR brachytherapy in the liver.

The steering mechanism presented in this work has a number of advantages with 
respect to previously described steerable needles. In needle steering by means of base       
manipulation [13, 14], moments are applied around the point of insertion to reorient the 
needle tip. This can result in large forces around the entry point and along the needle. In 
the current mechanism, the forces that are required for steering are only initiated at the 
needle tip. When needle steering is obtained through a telescopic mechanism in which 
multiple concentric pre-curved tubes protrude through each other [15, 16], extensive pre-
operative planning is required to translate the planned trajectory into control inputs that 
are needed to realize this trajectory. Operation of the current needle is more simple: the 
orientation of the needle tip can be adjusted at any time during insertion by reorienting 
the handle in the preferred direction. Operation of other needles that rely on the steering 
effects of asymmetries at the tip [17-19] is similar, but additional rotation around the 
longitudinal axis is required to adjust the direction of steering and to control the degree 
of steering.

Although the needle provides control of the trajectory, some demerits need to be taken 
into account. The experiment in the MRI showed that steering becomes more difficult 
when the needle is inserted deeper. This suggests that timely steering is preferred over 
last-minute adjustments. In addition, the freedom of movement of the physician is limited 
by the confined space in the bore of the scanner, which may affect the control options. 
Finally, applicability may be limited when it is expected that avoiding critical structures 
will most likely lead to inaccurate targeting. 

The current study evaluated the steering capabilities of the needle in a gel phantom and 
in a tissue phantom. Neither of the phantoms contained critical structures that need 
to be avoided. This simplifies navigation thoroughly compared to an in vivo situation. 
The controllability of the needle is affected by the heterogeneity of tissue. The large 
heterogeneity of real tissue causes needles to deflect more, which stresses the need for 
active control of the needle trajectory. Besides this, the needle was controlled by one of 
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the researchers, while one can expect more dexterity from an experienced physician, who 
could simultaneously insert the needle, control the tip direction, and verify the resulting 
trajectory on the continuously updated MR images. Extensive testing is required to gain 
insight in these factors. In such experiments, target accuracy, the number of attempts, 
and duration of the intervention should be measured to quantify the added value of this 
technology.

An important challenge for implementation in practice will be the selection of the imaging 
planes or volumes. In some cases, the imaging strategy as described here may be sufficient. 
In other cases, more sophisticated selection of imaging planes may be necessary, for example 
when the trajectory is expected or planned to be curved. Automatic selection of imaging 
plane could be guided by real-time tracking of the needle. This can be accomplished  
through shape sensing by means of fiber Bragg gratings that are integrated in the 
instrument, which is work in progress [23, 24]. The imaging planes of the MRI can in this 
case be matched real-time with the position and orientation of the needle and its tip as 
measured with the fiber Bragg gratings. However, from a safety perspective, visualization 
of the tip on MRI with respect to the target area will remain indispensable to assure 
that the tip is at the intended location when the treatment is started. Therefore, further 
research should also focus on optimization and validation of needle tip visualization using 
MRI.

3.5 Conclusion

A manually controlled steerable needle has been developed successfully. This needle 
provides active control of the needle trajectory and may increase the accuracy of needle 
positioning. Steering is initiated by adjusting the orientation of the needle tip. The needle 
was demonstrated to be compatible with MRI. The image quality in the direct vicinity of 
the needle was not affected, while the needle and its tip could be visualized clearly. 
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This chapter is an adaptation of [1], reprinted with permission.

Abstract

Background Accurate placement of the needle tip is essential in percutaneous therapies such 
as radiofrequency ablation (RFA) of liver tumors. Use of a robotic system for navigating 
the needle could improve the targeting accuracy. Real-time information on the needle tip 
position is needed, since a needle deflects during insertion in tissue. Needle shape can be 
reconstructed based on strain measurements within the needle. In the current experiment 
we determined the accuracy with which the needle tip position can be derived from strain 
measurements using Fiber Bragg Gratings (FBGs). 

Method Three glass fibers equipped with two FBGs each were incorporated in a needle. The 
needle was clamped at one end and deformed by applying static radial displacements at 
one or two locations. The FBG output was used for offline estimation of the needle shape 
and tip position. 

Results During deflections of the needle tip up to 12.5 mm, the tip position was estimated 
with a mean accuracy of 0.89 mm (std 0.42 mm). Adding a second deflection resulted in 
an error of 1.32 mm (std 0.48 mm).

Conclusion This accuracy is appropriate for applications like RFA of liver tumors. The 
results further show that the accuracy can be improved by optimizing the placement of 
FBGs.
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4.1 Introduction

Liver cancer is highly fatal and resection of the liver is the only established treatment that 
may cure patients. Unfortunately, a lot of patients are ineligible for this treatment, because 
of the presence of multifocal tumors or insufficient liver function [2]. Therefore, multiple 
alternative treatments are studied, including percutaneous radiofrequency ablation      
(RFA) [3, 4]. RFA is mainly suitable for small tumors sized up to 3 cm in diameter, because 
of its limited effective range [4]. Recurrence rates up to 41% are reported after RFA of liver 
tumors, which is related to incomplete tumor ablation [5]. Accurate positioning of the tip 
of the RFA-needle is essential to ensure maximal effect of the treatment [6], but this is 
complicated by bending of the needle during insertion. Bending of the needle is caused 
by asymmetry of the needle and inhomogeneities of the tissue. The needle can deflect 
up to a third of the insertion depth [7]. In current clinical practice, the needle is inserted 
manually under guidance of radiography. During the insertion, the physician applies slight 
oscillation and rotation of the needle to avoid deflection. Deflection of the needle from the 
target leads to correction of the subcutaneous insertion pass or reinsertion.

Use of a robotic system for inserting and directing the needle could improve the targeting 
accuracy. Such a system could use natural bending by rotating the needle in such way 
that the needle bends towards the target area [7]. Alternatively, the robotic system could 
actively bend the needle when active steering elements are added to the needle [8]. Several 
robotic systems have been proposed for accurate navigation of the needle [9-16]. In one 
of these systems [14-16], MR images are used to compensate for prostate deformation 
during needle insertion. MRI has multiple advantages regarding visualization of tissue 
and treatment [17], but automatically retrieving the needle tip position from MR images 
for robotic control is still time-consuming [18-20].

A promising method to obtain real-time information on needle position for robotic 
control is fiber Bragg grating (FBG) technology. FBGs are optical strain sensors that 
can be incorporated in a needle and their read-out can be performed at high sampling 
rates (>20 kHz). This study aims to determine the accuracy with which the needle tip 
position can be estimated based on FBG measurements. We equipped a needle with a 
number of FBGs and recorded their output in an experimental setup in which radial 
displacements are applied. The accuracy with which the position of the tip of the needle 
could be reconstructed is determined.
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4.2 Materials and methods

4.2.1 Needle and equipment

In the inner stylet of a trocar needle (18G/20cm, Cook Medical, Bloomington, IN), three 
grooves with a diameter of 300 μm were milled over the length at an angle of 120° with 
respect to each other. The depth of the grooves is assumed to be constant, so that the 
distance from the heart of the fibers to the heart of the needle d is constant as well. A 
glass fiber equipped with two FBGs (HI 780 (acrylate recoating), Corning Incorporated, 
Corning, NY) was glued in each of the grooves with an epoxy that is approved for medical 
applications (Loctite M-21HP, Henkel Nederland, The Netherlands). A schematic view 
of the needle is shown in Figure 4.1. Due to insufficient accuracy during assembly, the 
fibers were shifted relative to each other in longitudinal direction, so that the positions 
of the FBGs at a single location varied up to 17 mm. Figure 4.1 displays the averaged 
position of the three FBGs for each location.

4.2.2 Experimental set-up

An overview of the experimental set-up is shown in Figure 4.2. The handle of the needle 
was fixed and one or two displacements along the needle were applied to the needle 
with a knob attached to a translational platform (PT1/M, Thorlabs, Newton, NJ). The 
movement of the needle was restricted to the horizontal plane. The fibers were connected 
to an interrogator (Deminsys, Technobis, the Netherlands) that measured reflected 
wavelength with a sample frequency of 20 kHz. The measured wavelengths were registered 
and saved on a laptop computer for further processing.

4.2.3 Experimental procedure

In the first experiment, a static displacement of -12.5, -8.3, -4.2, 4.2, 8.3 or 12.5 mm was 
applied to the tip of the needle (∆yt) in randomized order and the reflected wavelengths λ 
were measured with the interrogator. In the second experiment, two 
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Figure 4.1 Schematic view of the needle.
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Figure 4.2 Overview of experimental set-up. The handle of the needle (on the left) is fixed and one or two 
displacement knobs are placed tangent to the needle. The knobs are fixed on two (black) translational 
stages. The fibers are connected to an interrogator which measures wavelengths λ. These wavelengths are 
registered and used as input for the strain model, which computed the estimated tip position Δλest. This 
position is compared to the displacement applied at the tip Δλt.

static displacements were applied to the needle: one at the tip (∆yt) and one in the middle at 
100 mm from the tip (∆ym). The displacements were 12 and 3.3, 6.7 and 1.1, 1.1 and -1.1, 
-1.1 and 1.1, -6.7 and -1.1, and -12 and -3.3 mm at the tip and in the middle, respectively. 
The applied displacements resulted only in elastic deformation of the needle. In between 
the measurements, the displacement was removed and the reference wavelength λB,i was 
measured. Both experiments were repeated five times. 

4.2.4 Strain model

The period of the grating Λ in an FBG determines the Bragg wavelength λB that is reflected,

	 λB = 2neff Λ						      (4.1)

where n_eff is the effective refractive index. By bending the needle the fibers are strained. 
We assume that the strain transfers completely from the needle to the fibers. The strain in 
the FBGs ε is proportional to the wavelength shift ΔλB,

	 (ΔλB)/λB = (1 - Pε ) ε					     (4.2)

where Pε is the photoelastic coefficient of the FBG. In this experiment, the wavelength 
shift is calculated by

	 ΔλB = λ - λB						      (4.3)
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where λ and λB are the wavelengths measured during bending and in the preceding 
reference situation, respectively. Combining Equation (1) and (2) shows that strain is 
linearly related to ∆λB by a constant C, which includes all FBG-specific characteristics.

	 ΔλB = 2neff  Λ (1 - Pε) ε  =C ε				    (4.4)

When the characteristics of each FBG are known, strain in that sensor can be calculated 
based on the measured wavelengths. The maximal strain εmax at each FBG location in the 
needle is defined by

	 εA = εmax   cos (- α)+ ε0					     (4.5)

	 εB = εmax   cos (120- α) + ε0				    (4.6)

	 εC = εmax   cos (240- α) + ε0				    (4.7)

in which εA, εB , and εC are the calculated strains in Fiber A, B, and C at one location, 
respectively. ε0 is the axial strain of the needle and α is the direction of εmax with respect 
to Fiber A (Figure 4.3). In pure bending, no axial strain is present (ε0 = 0). Therefore, 
the set of equations is over defined (three equations, two unknowns) and εmax and α are 
calculated three times and averaged. 

In the first experiment, strain was linearly regressed over the length of the needle based on 
εmax measured at two locations and on the strain at the tip which must be zero. In the second 
experiment, the location of the applied displacement in the middle ∆ym was assumed to 
be known. First, the strain between that location and the tip was linearly regressed based 
on εmax at the second FBG location and ε = 0 at the tip. Secondly, the strain between the 
base of the needle and the location of ∆ym was linearly regressed based on εmax at the first 
FBG location and the strain at the location of ∆ym derived from the previous regression. 
In each experiment,  εmax at 100 locations along the needle was calculated. The curvature κ 
is dependent on the distance between the heart of the fiber and the heart of the needle d.

	 κ = εmax / d						      (4.8)

Frenet-Serret formulas with Euler integration are used to translate curvature and torsion 
into positions along the needle.
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Figure 4.3 Cross section of the inner stylet. εA, εB, and εC are the strains measured in Fiber A, B, and C, 
respectively. εmax is the maximal strain and α is the direction of the εmax with respect to Fiber A. d is the 
distance between the heart of the needle and the heart of the fibers.

4.2.5 Calibration

The FBG-specific constant C  in (4.4) was determined for each FBG location using the 
first twelve data points from both experiments. The theoretical strain distribution was 
determined for each loading situation. Assuming that there is no torsional loading and 
the deflections are small (<10% of the length), the needle can be approximated by a 
cantilever beam. This means that there is no displacement or rotation at the fixed support, 
and that the strain at the free end is zero. The theoretical εmax at each FBG location was 
calculated and compared to εmax calculated based on the wavelength measurements. C is 
calculated for each of the twenty-four loading situations and averaged. In the remaining 
measurements, ΔλB was multiplied by this averaged C to compute ε.

4.2.6 Error estimation of tip position

The absolute error in estimation of the tip position err in direction of the applied 
displacement is

	 err= |∆yest (x = 189) - ∆yt |				    (4.9)

where ∆yest (x = 189) is the y position estimated based on the FBG measurements and 
∆yt  is the actual applied tip displacement.
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4.3 Results

Figure 4.4 and Figure 4.5 show the pixel positions that correspond to the wavelengths 
reflected by two FBGs. On the left, pixel positions of an FBG at Position 1 during 
the complete first experiment are shown. No disturbance seems to be present and the 
measurements appear to be repeatable. On the right, pixel positions of an FBG at Position 
2 during the complete second experiment are shown. From measurement 15 on, the pixel 
position seems to be disturbed and the measurements from the same loading situations 
are fluctuating.
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Figure 4.5 Raw data: wavelengths measured with an FBG at Position 2 during the second experiment. 
Each symbol represents the output of one of the six FBG.
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Figure 4.6 and Figure 4.7 show the theoretical and estimated strain distribution along the 
needle in the two experiments. The estimated strain distribution follows the theoretical 
strain distribution, but the deviations in the measured strains from theory are magnified 
by the regression.
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Figure 4.6 Strain distribution along needle in the 
first experiment with one displacement applied at 
the tip (∆yt): theoretical strain distribution (solid 
lines) and estimated strain distributions (dotted 
lines) per measured strains (dots).
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Figure 4.7 Strain distribution along needle in the 
second experiment with one displacement applied 
in the middle and one at the tip (∆ym and ∆yt): 
theoretical strain distribution (solid lines) and 
estimated strain distributions (dotted lines) per 
measured strains (dots).

In Figure 4.8 and Figure 4.9, the absolute error in estimated y-position of the tip is 
shown. The mean errors were 0.89 mm and 1.32 mm with standard deviations of 0.42               
and 0.48 mm in the first and second experiment, respectively. The total mean error was 
1.10 mm. The RMS errors were 0.98 and 1.40 mm in the first and second experiment, 
respectively.
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Figure 4.8 Absolute error in estimated defection 
in y-direction in first experiment in which one 
displacement is applied to the tip of the needle 
(∆yt).
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Figure 4.9 Absolute error in estimated defection 
in y-direction in the second experiment with one 
displacements applied in the middle and one at the 
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4.4 Discussion

A needle deflects when it is inserted in tissue. We incorporated FBGs in a needle to 
investigate the accuracy with which the tip position of a deflected needle can be estimated 
based on strain measurements. Deflections up to 12.5 mm resulted in an average error in 
estimation of the tip position of 1.10 mm.

The required accuracy of positioning of the needle for percutaneous RFA of liver tumors 
is depending on the size of the lesions. Because the treatment range of RFA is limited, 
RFA is only effective in lesions with sizes up to 3 cm. When the size of the tumor is close 
to the treatment range of RFA or when the tumor is very small, more accurate positioning 
is needed. Khlebnikov et al. [6] report that a 5 mm deviation from advised tip position 
can already result in inadequate ablation of the tumor tissue. We estimate the required 
accuracy to be in the order of magnitude of 1 mm. Our results indicate that the accuracy 
of this technology is suitable for needle tip detection in RFA of liver tumors, although 
other factors like movement of tissue during needle insertion affect the accuracy of tip 
positioning as well. 

The estimation errors are attributed to the limited number of sensors used. Increasing the 
number of FBG locations to three or more will result in a reduced error in estimation of 
the tip position. In addition, the current variability in the placement of the fibers in each 
groove contributes to a lower accuracy of the measurement. This can easily be overcome 
by a more accurate alignment of the FBGs during assembly. On top of this, disturbances 
during the last measurements in the second experiment cause unreliable wavelength 
measurements, resulting in high errors. The exact cause of this additional variability still 
needs to be determined, but it was probably due to local heating of the needle and fibers 
caused by touching. 

The RMS errors in the current study were 0.98 mm in case of one applied displacement 
and 1.40 mm in case of two applied displacements. Park et al. [21] used a similar approach 
to measure needle deflection and reported an RMS error of 0.26 mm to 0.39 mm in the 
estimation of tip deflection for deflections up to ±15 mm. They attribute the estimation 
errors to the limited number of FBGs and to inaccuracy in FBG placement. The exact 
degree of inaccuracy of sensor placement is not reported by these authors. Possibly, the 
deviations in sensor placement are larger in the current study, which could explain the 
larger errors reported here. Differences in the results can also be attributed to the chosen 
position of the FBGs. The tip position is computed by integrating estimated curvatures 
along the needle. Consequently, inaccuracies in estimated curvatures closer to the base 
of the needle have greater effect on the error in estimation of the tip position than those 
closer to the tip of the needle. Therefore, more accurate strain measurements closer to 
the base of the needle will result in a more accurate estimation of the tip position. Since 
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in the needle of Park et al. [21] the FBGs are placed closer to the base of the needle, the 
strain estimations will be more accurate there, which results in a higher accuracy of the 
estimated tip position. 

Despite the limitations mentioned earlier, the accuracy of the estimated tip position of the 
current device is already comparable to the accuracy obtained with passive tracking based 
on MR images, but the sample rate is much higher (20 kHz).  Görlitz et al. [18] and De 
Oliveira et al. [20] report an accuracy of 4 and 1.5 mm, respectively, both at an update 
speed of 1 frame per second. Future devices that incorporate more FBGs will enable even 
more accurate measurements. 

FBG technology cannot replace imaging, because movement of tissue is not registered. 
Imaging is still needed to provide continuous information about the exact position of the 
target. Since FBGs are not affected by electromagnetic signals, it is possible to combine 
MRI with the FBG measurements. MR images can provide accurate information 
about the target at lower sample rate, whereas the FBG system allows high-frequency 
measuring of the needle tip position. FBGs incorporated in a needle may also enable 
measurement of needle-tissue interaction forces. Such development could contribute to 
tissue characterization and diagnostic purposes in the future. 

A robotic system that actively controls the orientation of the needle tip to navigate the 
needle to the target location may improve the accuracy of tip positioning and also avoid 
reinsertion after uncontrollable needle bending. Such a system will not prevent natural 
bending of the needle, but makes use of natural bending or actively bends the needle 
to navigate to the target location. FBG measurements may offer a suitable method for 
registering needle tip position automatically for robotic control. Further research is needed 
to investigate the accuracy with which a robotic system can navigate a needle tip to a target 
location based on FBG measurements.
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This chapter is an adaptation of [1], reprinted with permission.

Abstract

Background Robotic needle steering requires accurate spatial information about the needle 
tip. Presumably, fiber Bragg gratings (FBGs) can provide this information at an appropriate 
update rate. We performed an extensive error analysis to quantify the accuracy of needle 
tip tracking with FBGs and to assess the suitability of this method for robotic needle 
steering.

Method An FBG-based shape sensing model was determined and simulations were 
performed to quantify the effect of design parameters on the position accuracy. Inputs 
that were investigated include accuracy of wavelength measurement and sensor geometry 
as well as different sensor configurations and interpolation models. For the purpose of 
validation of the simulations, two needles with two different configurations of FBGs were 
built and evaluated. 

Results The simulations show that the accuracy of FBG-based shape sensing of a needle 
can be in the order of 10% of the deflection at the tip, depending on the configuration. 
However, tip deflections that are smaller than approximately 1 mm cannot be detected 
accurately. Calibration of the needle reduces the bias, but does not improve the accuracy, 
because of drift in read-out of the FGBs.

Conclusion The analysis shows that the combined sources of errors limit the accuracy of 
tip estimation to approximately 1 mm, although the accuracy is influenced by the sensor 
configuration as well. This accuracy is suitable for common medical applications like 
taking biopsies or performing ablation.
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5.1 Introduction

Needle insertion in soft tissue has numerous medical applications, including biopsy, 
ablation and brachytherapy. Several image-guided robotic systems for needle insertion 
have been proposed to increase the target accuracy, reduce treatment time, and limit the 
burden to patients and clinical staff [2-5]. These systems require accurate information 
about the location of the needle with respect to the target in order to navigate the needle 
with high precision. 

Since needle interventions are usually image-guided, the tip position could be retrieved 
from the US, MR [4] or CT  images. However, contrast in soft tissue is poor in US and 
CT, the update rate in MRI is too low for high-precision robotic needle steering [6, 7], 
and CT exposes patients and clinical staff to radiation. A different option is to model the 
needle shape based on forces and torques measured at the handle of the needle, but this 
requires accurate information about the forces that act on the needle inside the body as 
well. These forces are difficult to predict, since tissue is inhomogeneous and the properties 
are specific for each patient. Complicated loading patterns can occur, which result in 
multimodal deflection of the needle. In case the intervention is guided by MRI, an active 
tracker could provide spatial information about the tip [8, 9]. However, the complete 
shape of the needle cannot be registered with this method.

This research focuses on optical tracking of the shape of a needle based on fiber Bragg 
gratings (FBGs) [10, 11]. An FBG is a periodical change or grating applied to the core of 
a glass fiber, which reflects one specific wavelength [12]. This wavelength changes when 
the fiber is elongated or compressed due to mechanical loading or due to a change in 
temperature or humidity. The small size of the fibers and the possibility to incorporate 
multiple FBGs in one fiber make them suitable for implementation in small devices like 
needles. In addition, FBG technology is purely based on optics and does not interfere 
with other electrical or magnetic systems such as MRI or electrosurgery. The use of FBGs 
in medical instruments has already been proposed in literature for the purpose of force, 
pressure, and shape sensing [13-17]. 

Shape sensing requires at least three fibers with a number of FBGs each to be incorporated 
in the needle. When the FBGs in the fibers are aligned, strain is measured at three 
locations within one cross-section, and the bending radius and the direction of bending 
at that position can be reconstructed. Interpolating the bending radii and directions 
and converting it to deflection enables shape estimation and consequently tip position 
estimation. The accuracy with which the shape can be estimated depends on numerous 
factors that include the sensor configuration (geometry of the needle and the number and 
positioning of FBGs) and the interpolation method. Previous research [10] has shown 
that the tip position of a 20 cm needle can be estimated with an accuracy in the order of 1 
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mm. It is generally assumed that even higher accuracy can be obtained by adding sensors 
and by optimizing the interpolation model. However, the final endpoint accuracy is the 
cumulative result of multiple sources of errors and will not only be determined by these 
two factors. 

The aim of this research is to determine the highest accuracy that is currently achievable 
and to identify the appropriateness of FBG-based shape sensing for high-precision 
robotic needle systems. First, the model for estimating the shape of a needle based on 
FBG measurements is defined, together with the required input parameters and potential 
error sources. The input parameters include the sensor configuration (number and 
position of FBGs) and the interpolation model that estimates deflection in between the 
sensor locations. The error sources include the read-out of the wavelengths reflected by 
the FBGs and the accuracy with which the sensors are assembled. Second, simulations are 
performed to optimize the geometry and interpolation model and to quantify the effect 
of the error sources on the accuracy. Third, accuracy of shape sensing is simulated for two 
specific designs that are built and evaluated in an experimental setting. The first prototype 
is a needle that is equipped with three separate fibers as proposed in [10]. The second 
prototype consists of three fibers that are glued together. This triplet can be introduced in 
the lumen of a needle and serve as an independent shape sensor [18].

5.2 Materials and methods

5.2.1 Shape Sensing Model

For the purpose of shape sensing with FBGs, the output of the FBGs needs to be 
translated to positions in 3-D space. This shape sensing model is schematically presented        
in Figure 5.1 and will be explained thoroughly in this section.

The grating period (Λ) in an unstrained FBG determines the Bragg wavelength (λB) that 
is reflected,

	 λB = 2neff Λ						      (5.1)	

where neff is the effective refractive index. When stress results in strain (ε) or when the 
temperature changes (ΔT), the FBG will elongate and the reflected wavelength will shift 
(ΔλB) accordingly

	 ΔλB/λB = (1-Pε )  ε + (αT+ξ)  ΔT				    (5.2)

where Pε, αT and ξ are the photo-elastic factor, the thermo-expansion coefficient and 
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Figure 5.1 Flow scheme of shape sensing model with a finite number of FBGs in three fibers. The strain in 
each FBG (εFBG) is determined based on the shift in wavelength (ΔλB) reflected by the FBG. By combining 
the strains of the FBG of one trio, the degree of bending (εmax or R) and the direction of bending (α) at 
the location of the FBG trio can be determined. After interpolating the degree and direction of bending in 
between the trio positions, the shape can be reconstructed.

thermo-optic coefficient of the FBG, respectively. The effect of temperature is disregarded 
in this work, but elaborated on in [18]. The photo-elastic factor Pε or photo-elastic 
coefficient k = 1 - Pε ≈ 0.78 can be found by calibration. 

Bending can only be detected when the FBGs are placed away from the neutral bending line, 
which is the case in the two prototypes. A schematic cross section of such a configuration 
is shown in Figure 5.2. The three FBGs in the three fibers in one cross section form an 
FBG trio. By relating the strain in the FBGs of one trio, the degree and the direction of 
bending can be determined. The degree of bending is represented by the maximal strain 
(εmax) within the cross section of the needle. The direction of bending (α) is determined 
with respect to Fiber A. As described in [10], εmax and α are implicitly defined by
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	 εA = εmax   cos(α)+ ε0	 				    (5.3)

	 εB = dA⁄dB   εmax   cos(βB + α) + ε0			   (5.4)

	 εC = dA⁄dC   εmax   cos(βC + α) + ε0			   (5.5)

in which εA, εB, and εC are the strains in Fiber A, B, and C at the location of the FBG trio, 
respectively. βB and βC are the orientations of Fiber B and C with respect to Fiber A. dA, 
dB, and dC are the distances between the centerline of each FBG and the centerline of the 
needle or triplet. ε0 includes strain due to axial stress and axial temperature changes. ε0 
equals zero in case of pure bending at a constant temperature. Axial stresses and axial 
gradients in temperature result in a uniform wavelength shift for all three FBG sensors 
in the FBG trio. This is accounted for in ε0 and does not affect the shape estimation. 
On the contrary, the estimated degree and direction of bending is affected by radial 
temperature gradients, where different wavelengths are measured by the FBGs in one trio. 
This situation is less likely to occur because of the small diameter of the sensor. Therefore 
effect of temperature is not further elaborated on in this work. The bending radius R is the 
radius of the curvature of the needle and is a function of the maximal strain.

	 R = dA ⁄εmax 						      (5.6) 

The geometrical properties (βB, βC and dA, dB, dC) can be found by calibration, but the 
variation in dA, dB, dC cannot be distinguished from the variation in k.

By interpolation, the degree and direction of bending can be determined at n locations 
along the needle or triplet. Possible interpolation models include a piecewise linear fit, 
a second order polynomial fit, a fit of a polynomial of highest order, and a spline fit. The 
shape of the needle is geometrically dependent on the n bending radii that relate to the 
maximal strain and the n bending directions (Figure 5.3). For each of the n segments, the 
displacement in three directions (dx, dy and dz) is calculated

	 dx = L/n sin(α) sin(εmax(L⁄n)/2dA))			   (5.7)

	 dy = L/n cos(α) sin(εmax(L⁄n)/2dA)			   (5.8)

	 dz = L/n cos (εmax(L⁄n)/2dA )				    (5.9)

where dA is the distance between the centerline of the needle and the centerline of FBG A. 
The displacements are rotated and summed to obtain the estimated 3-D position along 
the needle or triplet.
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Figure 5.3 Geometry of shape reconstruction based 
on degree and direction of bending. The deflection 
(dx, dy, and dz) at one of the n locations along the 
needle with length L depends on the radius R and 
the angle α of the needle at that location. The 3-D 
shape is reconstructed by rotating and summing 
these deflections.

5.2.2 Simulations

The aim of the simulations was to quantify the maximum theoretically achievable accuracy 
of the shape sensor as configured by the two prototypes described in next section, based on 
assumed inaccuracies of the input parameters for shape sensing explained in the previous 
section. The simulations were divided in two parts that are indicated in Figure 5.1.

Part 1 encompasses the measurement of the reflected wavelengths, the calculation of 
strain in the FBGs based on these wavelengths, and the estimation of the degree and 
the direction of bending at the locations of the FBG trios that is based on the strains 
in the FBGs. The simulations in this part aim to investigate the effect of the resolution 
of the wavelength measurement and of the inaccuracies in the assumptions about the 
geometrical properties introduced during assemblage on the estimated bending. 

Part 2 includes the estimation of bending in between the FBG locations and the 
translation of bending to a shape. The simulations in part 2 aim to investigate the effect of 
the interpolation model and the distribution and number of FBG trios for the purpose of 
optimization of shape sensors in general. In addition, the effect of inaccurate alignment of 
the FBGs within a trio is evaluated.
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Part 1: Single FBG and FBG Trio

The wavelengths that are reflected by the FBGs in a trio (λFBG) were simulated by

	 λFBG,A = λB,A + δλin cosαin					     (5.10)

	 λFBG,B = λB,B + δλin cos(2π⁄3 + αin )			   (5.11)

	 λFBG,C = λB,C + δλin cos(4π⁄3 + αin )			   (5.12)

where λB are the known Bragg wavelengths and δλin and αin are the maximal simulated 
wavelength shift and bending direction, respectively. 

The following simulations were executed to find the separate and combined effect of 
inaccuracies in the parameters on the bending radius and direction. In each step in each of 
the simulation, variables and errors are set to new values that are selected from a range of 
values. To quantify the effect of the inaccuracies, the simulated degree (R) and direction 
of bending (α) are calculated in- and excluding the inaccuracies and the resulting R’s and 
α’s are compared to each other.

Resolution of the interrogator:
-- 	δλin was stepwise (106 steps) increased from 0 to 0.5 nm or 0.24 nm for needle and 

triplet, respectively, and αin is set to 0 rad. These wavelengths correspond to a realistic 
range of bending radii for the needle and triplet.

-- 	Inaccuracies of 6 and 4 pm were added to the λFBG for the needle and triplet, 
respectively. These inaccuracies correspond to the resolutions of the interrogators. 
Other inaccuracies were set to zero.

Inaccuracies in the photo-elastic coefficient (k) and the geometrical properties (βB, βC and 
dA, dB, dC):
-- 	δλin was set to a value that was randomly selected from a uniform distribution between 

-0.5 and 0.5 nm or  0.24 and 0.24 nm for the needle and triplet, respectively. αin was set 
to a value randomly selected from a uniform distribution between 0 and 2π.

-- 	The inaccuracy of one of the variables of interest set to a value randomly selected from 
a uniform distribution with a range that is stepwise enlarged from 0 to 0.04 for k, from 
0 to 0.04 mm for d, from 0 to 4° or 40° for β for needle or triplet, respectively. The 
inaccuracies for the other variables were set to zero.

-- 	The simulation was repeated 104 times for each step in the range of each variable for 
both the needle and triplet.
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Combined effect of the inaccuracies:
-- 	δλin was set to a value randomly selected from a uniform distribution between -0.5 and 

0.5 nm or -0.24 and 0.24 nm for the needle or triplet, respectively. 
-- 	The inaccuracies were randomly selected from a normal distribution according to the 

realistic 3σ-values from Table 5.1. 
-- 	The simulation was repeated 50∙104 times for both the needle and the triplet.

Part 2: All FBG Trios

The effect of the interpolation model, the number of sensors, the distribution of the 
sensors, and the inaccuracy in placement of the sensors along the entire instrument on 
the estimated shape were simulated in part 2. In these simulations, the shape of the needle 
was determined analytically and compared to the shape that would be estimated with the 
actual model that is based on bending radii at the sensor locations, as shown in Figure 5.4. 

	 q(x) = ∑(i=1)
 ai sin(iπx⁄L + φi)	  			   (5.13)

q(x)

M(x)

v(x)

∫∫

∫∫

∫∫

fit model

select M at 
sensor positions

error

Msensor

Mest(x)

vest(x)

Lsensor

Analytical model

FBG-based model

Figure 5.4 Schematic overview of the approach in the second part of the error analysis. A distributed load 
q(x) is simulated to be exerted on the needle. In the analytical model, the moment M(x) along the needle 
is derived by integrating q(x) twice based on which the shape v(x) can be derived by integrating twice 
more. In the FBG-based model, the moments Msensor at the locations of the sensor trios Lsensor are selected 
from M(x), because the moments at the sensor trios correspond to the maximal strain, shown in (5.6) and 
(5.14). After interpolating in between these position (for example by fitting a spline), and integrate twice, 
the shape of the needle can be reconstructed.

10



88 

CHAPTER 5

Only 2-D loading situations were considered to limit the computation time. The needle 
was approximated as a cantilever beam with a flexural modulus E that was measured to 
be 120 GPa and a moment of inertia I = π/(32Dout

4) m4 that is clamped at the base. A 
distributed force q(x) was simulated to act on the needle where ai is the amplitude that 
is selected randomly from a uniform distribution between 0 and 1 and φi is the phase 
that is randomly selected from a uniform distribution between 0 and 2π. q(x) represents 
the mechanical interaction between needle and tissue well, because it consists of multiple 
distributed forces with randomly selected amplitudes, periods and phases, which results 
in multimodal deflection. This distributed force was integrated twice to find the moment 
M(x) along the needle, which is proportional to the bending radius R. The theoretical 
needle shape v(x) was determined by integrating twice more. The simulated deflections 
at the tip did not exceed 10% of the length of the needle or triplet. In the FBG-based 
model, the needle shape was estimated by selecting the moments Msensor at the locations of 
the sensor trios, interpolating in between these locations, and integrating twice. Msensor is 
related to the bending radius at the location of the sensor location (Rsensor) by the stiffness 
of the needle or triplet.

	 Msensor = Rsensor ∙ EI					     (5.14)

The following simulations were executed to find the separate and combined effect of 
the interpolation model, the number of sensors, the distribution of the sensors, and the 
inaccuracy in placement of the sensors on the estimated needle shape. For each simulation 
the needle shape and tip position were calculated based on the analytical model and 
compared to the needle shape and tip position simulated with the FBG-based model. 
Each set of simulations was repeated for two to nine sensor trios to quantify the effect of 
adding sensor trios to the needle. 

Interpolation model:
-- 	The interpolation model was piecewise linear, polynomial up to 3rd order, polynomial 

with highest possible order, or spline.
-- 	Sensor trio distribution was optimized by means of least-squared-error fit.
-- 	50 simulations per model were executed.

Sensor trio distribution:
-- 	The sensor distribution was optimized by means of a least-squared-error fit or equal 

with the first sensor located at the base or equal with the first sensor located away from 
the base.

-- 	Splines were used as interpolation model.
-- 	50 simulations per distribution were executed.
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Inaccurate placement of the sensor trios:
-- 	An inaccuracy was randomly selected from a uniform distribution and added to the 

assumed sensor position. The range of the distribution was stepwise increased from 0 
to 10 mm.

-- 	The actual sensor distribution and spline as interpolation model were used.
-- 	104 simulations per range were executed.

Combined effect:
-- 	The amplitude ai was set to a value randomly selected from a uniform distribution 

between 0 and 2 N/m and between 0 and 12 N/m for needle and triplet, respectively. 
The phase φi was set to a value randomly selected from a uniform distribution 0 and 
2π. The distributed forces resulted in a realistic deflection at the tip (up to 16 and       
5.8 mm for needle and triplet, respectively).

-- 	The actual sensor distribution of the needle with optical fibers and of the optical fiber 
triplet were used as input. Interpolation was performed by means of a spline.

-- 	The inaccuracies in sensor position were set to multiplication factor randomly selected 
from a normal distribution according to the 3σ-values in Table 5.1, which were 
retrieved from the first simulations.

-- 50∙103 simulations for needle and triplet were executed.

Table 5.1 Simulated inaccuracies in sensor

Variation (3σ) in Needle Triplet

λ Measured wavelength 6∙10-6 mm 4∙10-6 mm

k Photoelastic coefficient 0.01 0.01

β Relative orientation of fibers 2° 20°

d Distance between the centerline of the needle and 
the centerline of the FBG

0.02 mm 0.02 mm

Lsensor Position of FBG trio 2 mm 2 mm

Msensor Measured moment at sensor trio 6% 24%

5.2.3 Prototypes

Needle with Optical Fibers

Three grooves with a diameter of 0.3 mm were milled at an angle of approximately 120° 
with respect to each other over the length of the inner stylet of a trocar needle (18G/20cm, 
Cook Medical, Bloomington, USA) with a diameter of 1.35 mm. An optical fiber equipped 
with five FBGs (HI-780 (acrylate recoating), Corning Incorporated, Corning, USA) was 
glued in each of the grooves in such way that the FBGs were aligned. Dimensions of the 
needle and the locations of the FBGs are listed in Table 5.1. The minimal bending 
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radius of the needle is 500 mm. Wavelengths reflected by the FBGs are read-out with a 
Deminsys interrogator (Technobis, Uitgeest, the Netherlands) that has an accuracy of 6 
pm, which was verified experimentally.

Optical Fiber triplet

Three fibers (Polyimide coated SMF-28 fiber, Alxenses, Hong Kong) with three FBGs 
each were glued together. First the coating of the fibers was removed over a length of       
100 mm symmetrically around the FBGs, reducing the fiber diameter to 0.125 mm. Then 
two of the fibers were placed adjacent in a 0.3 mm groove in an acrylic assemblage tool and 
polyimide glue was added. After that the third fiber was placed on top of the two fibers 
and glue was added again. The space between the fibers was minimized to ensure accuracy 
and linearity, despite the large difference between the Young’s moduli of the fibers and 
the glue (75 GPa and 3 GPa, respectively). The glue was cured in an oven according to 
a heating cycle further described in [18]. Finally, the excessive glue is removed with a 
squeegee to ensure a constant thickness along the triplet.

Dimensions of the triplet and the locations of the FBGs are listed in Table 5.2. The minimal 
bending radius of the triplet is 25 mm. The three fibers are connected to an interrogator 
(MicronOptics - sm130, Alanta, USA) that has an experimentally determined accuracy 
of 4 pm.

Table 5.2 Specifications of the needle with optical fibers (18G/20cm trocar needle) and the optical fiber 
triplet.

Property Needle Triplet

dout Outer diameter of instrument 1.35 mm 0.22 mm

λB Typical Bragg wavelength 850 nm 1550 nm

Pe Photo-elastic coefficient 0.22 0.22

L Length of instrument 200 mm 100 mm

- Number of FBG trios 5 3

Lsensor Positions FBG trios 20, 60, 100, 140, 180 mm 23, 46.5, 70 mm

d Distance between the centerline of the 
needle and the centerline of the FBG

0.35 mm 0.10 mm

Calibration

The prototypes were calibrated to determine the actual geometrical properties of the FBG 
trios (Figure 5.5). The calibration procedure was slightly different for the needle than 
for the triplet. The needle was positioned in 1.4 mm grooves (straight or with a constant 
radius of 350 or 700 mm) and rotated stepwise around its longitudinal axis from 0° to 
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350° with steps of 10° to simulate a varying bending direction, while the wavelength shifts 
in the FBGs were measured for 10 s at a frequency of 100 Hz. The Bragg wavelength 
(λB) was assumed to be equal to the average of the wavelengths that were reflected by the 
FBGs while the needle was located in the straight groove. For the measurements where 
the needle was located in one of the curved grooves, strains in the FBGs were calculated 
according to (5.2). Plotting the strains that occurred in two FBGs within one trio results 
in elliptical curves. The angulation of the ellipse corresponds to the orientation of the 
FBGs relative to each other. The horizontal and vertical extremes relate to the distances of 
the two FBGs to the centerline of the sensor.

Detailed information about the calibration of the triplet is available from [18]. The triplet 
was first positioned in a straight v-shaped groove to find the Bragg wavelength (λB). After 
that, the triplet was clamped on one side and manually rotated continuously along a ring 
with a radius of 85 mm, while the wavelength shifts in the FBGs were measured at a 
frequency of 250 Hz. Approximately 5.5 rotations were measured in approximately 150 s. 
The geometrical properties of the triplet can be determined based on these measurements 
in a similar way as explained for the needle. However, compensation is needed in this set-
up for the fact that the bending radius is linearly increasing along the triplet.

Inaccuracies in d and k cannot be distinguished, so k was assumed to be exactly 0.22 and 
deviations in k were incorporated in the calibration of d. The actual geometrical properties 
(βB, βC and dA, dB, dC) were derived from the parameters of the fitted ellipse.

groove moldneedle

triplet

ring

Figure 5.5 Schematic view of the set-ups for calibration. The needle is calibrated by rotating the needle in 
a groove with a constant radius. The triplet is calibrated by rotating the tip around a ring with constant 
radius.
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5.3 Results

5.3.1 Simulations

Part 1: Single FBG and FBG Trio

The relative error in estimated bending radius is the error in estimated bending radius due 
to inaccuracies in the variable(s) relative to the bending radius. Note that the bending radius 
is inversely proportional to the maximal strain (5.6) and the amount of deflection. The 
relative error in estimated bending radius due to inaccuracies in wavelength measurement 
is shown in Figure 5.6 as a function of the bending radius. Errors in bending radius and 
direction are inversely proportional to the wavelength shifts in the FBGs. For large radii 
(when the deflection is small and the needle or triplet is almost straight) the error is very 
large, because the shift in wavelength is smaller than the resolution of the measurement 
systems. An error smaller than 1% caused by an inaccurate wavelength measurement 
occurs at radii smaller than 38 m, which corresponds to a tip deflection 0.5 mm in case of 
a constant bending radius along a 20 cm needle. This means that in this case, the degree of 
bending can be estimated with a relative accuracy of at least 1% for tip deflections larger 
than 0.5 mm when only disturbances in wavelength are considered.

The errors in bending radius and direction of bending are linearly related to the errors in 
the assumed photo-elastic constant and geometry. Errors due to inaccuracies in assumed 
k only occur when differences in FBG-specific k’s are present within a trio. The effect of 
the inaccuracies in assumed k and β on the errors in the bending radius and direction are
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Figure 5.6 Relation between bending radius and the error in bending radius estimated based on the 
wavelength measurements in the FBG trio. When the bending radius is large (and the deflection is small), 
the wavelength shift in the FBGs becomes smaller than the resolution of the interrogators, which results 
in very large errors.
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Table 5.3 Overview of the effects of expected inaccuracies in assumption of variables (d, k, and β) on the 
relative error in bending radius and absolute error in bending direction.

Inaccuracy in Relative error R Absolute error α
Needle d = 0.02mm 6.5% 5.9°

k = 0.01 1.3% 0.5°

β = 2° 3.1% 2°

Triplet d = 0.02mm 23.9% 19.7°

k = 0.01 1.3% 0.5°

β = 20° 31.6% 20°

the same for the needle as for the triplet. However, the inaccuracy in β in the triplet is 
expected to be larger, because it is more difficult to orient the fibers precisely when there 
is no guiding structure like a needle with grooves. The maximal errors in bending radius 
and bending direction that occur at expected inaccuracies in assumed variables are shown 
in Table 5.3.

The combined effect of all inaccuracies in wavelengths, photo-elastic constant, and 
geometry is shown in Figure 5.7 for bending radii that range from approximately 0.5 m to 
5•106 m. Errors in bending radius and direction of bending increase exponentially when 
the bending radius increases. Outliers are not shown, because they occur at large bending 
radii where the needle can be assumed to be straight. The maximum error in relative 
bending radius is 5.7% and 24% for the needle or triplet, respectively. The maximum error 
in bending direction is 2.4° and 12° for needle and triplet, respectively. The errors for the 
triplet are larger than for the needle due to smaller d and larger expected error in β.

Part 2: All FBG Trios

In case the interpolation is performed by means of a piecewise line fit, a highest order 
polynomial fit or a spline fit, the error decreases when an extra sensor trio is added. This is 
not the case for the polynomial interpolation with a maximal order of 3 for 5 FBG trios or 
more. The shape errors are lowest in case interpolation is executed based on a polynomial 
with the highest order that is possible (depends on number of sensor trios) or based on 
splines, but interpolation with a highest order polynomial is less stable at the boundaries.

One single optimal sensor distribution does not exist in practice, because the optimal 
distribution is different for each loading situation. Placing a sensor trio at the base of the 
instrument improves the accuracy, but in practice the base of the needle moves during 
insertion. The error resulting from interpolation for a needle with equally distributed 
sensors is minimal when the first sensor is located at the base and increases as the first 
sensor moves away from the base. 
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Figure 5.7 Simulated effect of inaccuracies in measured wavelengths and geometry (n = 50∙104) on bending 
radius and direction. Bending radius (ranges between 0.5 m and 5•106 m) can be estimated with an 
accuracy of 5.7% and 24% for the needle and triplet, respectively. Bending direction (ranges between 0 and 
2π) can be estimated with an accuracy of 2.4° and 12° for the needle and triplet, respectively.

The effect of the inaccuracies in the locations of the sensor trios is related to the error that 
is introduced by interpolation. When the inaccuracy of sensor placement is 2 mm, the 
error estimated shape is 6.3% or 6.1% of the interpolation error for the needle or triplet, 
respectively. The combined effect of the errors in shape estimation due to inaccuracies 
in estimated bending radius and sensor position and due to interpolation are shown in 
Figure 5.8. Cases with a tip deflection smaller than 1 mm are excluded, because the errors 
are larger for small deflections and the needle can be assumed to be straight (Figure 5.6). 
The maximum error in estimation of the tip position is 7.1% and 46% for the needle and 
triplet, respectively.

5.3.2 Calibration

The calibrated geometry of the FBG trios in the needle and triplet is shown in                       
Figure 5.9. Only the calibrated geometries of the first two FBG trios are shown for the 
needle with optical fibers. Table 5.4 shows the geometries of the needle that are based on 
the measurements in the groove with a radius of 700 mm and 350 mm.

The fibers were expected to be placed 0.35 mm and 0.10 mm away from the centerline of 
the needle and triplet, respectively, and oriented in angles of 120° with respect to each 
other. The calibrated distance of the fibers to the centerline of the needle range from 0.15 
mm to 0.32 mm and the orientation of the fibers deviate op to 16.1° from their expected 
orientation. This shows that accurate assembly is difficult and that calibration is necessary. 
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Figure 5.8 Simulated effect of inaccuracies in sensor position, bending radius and direction at sensor 
positions and of interpolation on the estimated shape and tip position of the needle (n=50∙103). The tip 
position can be estimated with an accuracy of 7.1 and 46% for the needle and triplet, respectively.

In addition, different geometries are found for different calibration radii. Possible 
causes include temperature differences during the calibration measurements, drift in 
the interrogator, and variations in strain transfer through the glue. This indicates that 
this calibration method does not improve the accuracy with which the geometry can be 
defined.

5.4 Discussion	

The aim of this research was to quantify the accuracy with which the shape of a needle can 
be reconstructed based on FBG measurements and to identify the limitations of FBG-
based shape sensing. Therefore, the effect of various error sources (the resolution of the
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triplet for a constant calibration deflection of 8.5 mm (right).
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Table 5.4 Calibrated geometry of the needle with optical fibers based on two different calibration radii  
(700 mm and 350 mm)

Radius of 700 mm Radius of 350 mm

d [mm] β[°] d [mm] β [°]

Fiber A Trio 1 0.2815 0 0.3068 0

Trio 2 0.2999 0 0.3222 0

Fiber B Trio 1 0.2091 131.5 0.2051 128.5

Trio 2 0.2337 127.0 0.2302 124.6

Fiber C Trio 1 0.1512 256.1 0.1609 251.1

Trio 2 0.1787 250.2 0.1865 249.2

read-out of the reflected wavelengths and inaccuracies in the geometry of the sensor), 
the sensor configuration (number and location of FBGs) and the interpolation model 
were simulated. In addition, two prototypes (a needle equipped with optical fibers and an 
optical fiber triplet) were fabricated and evaluated by simulations and in practice.

The simulations indicate that with the current state-of-the-art the tip position can be 
estimated with an accuracy of 7.1% and 46% for the needle and triplet, respectively, which 
is based on the maximal relative error. The actual error can be lower in practice, but is 
dependent on multiple factors (i.e. shape and geometry of the needle) and cannot be 
predicted on beforehand. Accuracy of shape sensing with the needle is much higher than 
with the triplet, because geometrical inaccuracies are relatively smaller for the needle. In 
addition, the wavelength shifts in the needle are larger for the same bending radii, because 
the fibers are placed further away from the neutral bending line. On the other hand, the 
triplet can be bended more without exceeding the maximally allowable strain in the fibers 
(1% for glass) because of this. Torsion also limits the accuracy of shape sensing with 
a triplet. The triplet has preferred bending directions, because the cross section is not 
circularly symmetrical and the torsional stiffness is limited. This disadvantage does not 
occur in the other configuration, because the optical fibers are supported by the torsional 
stiff needle. 

Other main factors that should be taken into account when optimizing the shape sensor 
include the accuracy of wavelength measurement with the interrogator, the precision of 
manufacturing and calibration and the number of sensors. Limited accuracy of wavelength 
measurements is especially a problem for small deflections. When the needle is almost 
straight, the wavelength shift in the FBGs is of the same magnitude as the resolution of 
the interrogator, which results in very inaccurate estimation of the degree and direction of 
bending. The accuracy is further affected by drift in the interrogators used in this study, 
which is due to environmental factors that include heating of the interrogation system. 



Error analysis of FBG-based shape sensors for medical needle tracking

97 

Additionally, the reflected wavelengths themselves are affected by other factors than 
the degree and direction of bending of the instrument. These factors include losses in 
strain transfer through the glue, losses of light in the fiber due to bending, and changes 
in temperature and humidity. A threshold for the wavelength shifts can be incorporated 
in the control scheme, below which the instrument is assumed to be straight. To actually 
improve the accuracy of FBG-based shape sensing, more stable read-out of the FBGs is 
necessary.

Errors in assumed geometry affect the accuracy of shape sensing greatly. Calibration 
identifies the actual geometry and reduces the bias, but does not improve the accuracy. 
However, accurate alignment of the FBGs in the longitudinal direction of the instrument 
will affect the accuracy positively. In addition, precisely assembling the fibers in the 
instrument allows for a sensor that is according to the original design and required 
measurement range. When the read-out of the reflected wavelength is more stable, 
calibration of the needle will provide more certainty about the actual geometry of the 
shape sensor.

The accuracy of shape sensing increases when an FBG trio is added to the instrument, 
but the effect becomes small when using in excess of five FBG trios for a 20 cm needle. 
When shape sensing is integrated in longer instruments (e.g. laparoscopic tools), more 
FBGs are needed to achieve sufficient accuracy. Besides this, the configuration of the fibers 
needs to be optimized for the range of bending radii that are expected to occur in such 
instrument (i.e. place the fibers away from the centerline of the instrument to measure 
small deflections and the other way around).

Other FBG-based shape sensors are becoming available in the (near) future as well. These 
include multicore fibers and triplets of small-diameter fibers. The distances between the 
FBGs in such sensor configurations are even smaller than in the triplet discussed in this 
work and thus smaller wavelength shifts will occur. Consequently, a higher measurement 
accuracy of the wavelength shifts can be required to detect large radii. Then again, 
multicore fibers or triplets of small diameter fibers are circularly symmetrical, which will 
limit the torsion problems. In addition, challenges in gluing of the fibers are avoided when 
a multicore fiber is readily available. These multicore fibers or small diameter fiber triplets 
can be introduced separately in existing instruments and are appropriate for instruments 
that experience relatively large deflections. A shape sensor of plastic fibers will ease the 
assembly and make other sensor configurations possible, because plastic fibers allow for 
higher strains and are less brittle. Such sensors are more suitable for regular use in dynamic 
systems in daily practice, because they are less prone to damage due to extensive bending.

The accuracy with which the tip of the needle can be estimated based on FBG measurements 
is in the order of magnitude of 1 mm. In practice, the accuracy might be lower than 
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expected on the basis of the simulations, because the simulations only accounted for 2-D 
deformations. In addition, temperate changes, drift in the read-out, and variations in the 
strain transfer in the glue are not accounted for in the simulations. However, practical 
experiments [10] have shown that the order of magnitude of 1 mm is realistic.

The reported accuracy is slightly better compared to the accuracy of 4 mm and 1.5 mm at 
an update rate of 1 frame per second that has been reported for passive needle tip tracking 
based on MR images reported by [6] and [7]. Spatial resolution of coil-based active tip 
tracking is in the order of 1 mm [8, 9]. Alternatively, a resolution smaller than 0.1 mm 
is achievable in a measuring time of 0.3 s with active tracking with a silicon chip of less 
than 2 mm3 [19]. The drawback of all active tracking systems is that no information about 
the shape of the complete instrument is available, unless multiple trackers are integrated, 
which requires space for wiring in the instrument.

Instead of feeding shape information back to a robotic system, the control system can also 
be based on a predetermined path planning. Such a system requires accurate information 
about the tissue and the needle and about the interactions between the tissue and needle 
on beforehand [20]. This information is difficult to obtain, because the penetrated tissue 
is inhomogeneous and differences in tissue characteristics are present between human 
beings. For example, [21] has shown that a deviation up to 50% of the actual Young’s 
modulus results in a target error of 2.5 mm. To overcome this problem, image guidance 
can be incorporated to provide real-time information on the shape and position of the 
instrument as proposed in [2] and [4].

Requirements of current clinical practice depend on the application. One of the 
applications could be radiofrequency ablation of liver tumors that measure up to 4 or 5 cm 
in diameter [22]. The authors of [23] report that a misplacement of 5 mm of the needle 
tip will result in insufficient ablation of the tissue. This indicates that the 1 mm accuracy 
that is feasible with FBG-based shape sensing may already be sufficient. However, higher 
accuracy may be demanded for high-precision applications such as eye or brain surgery. 
Moreover, future treatments may require higher accuracy to minimize damage to healthy 
tissue that surrounds healthy tissue.

To conclude, the current state-of-the-art of FBG-based shape sensing allows for sensor 
designs that can track the needle tip position with sufficient accuracy for most common 
needle therapies. The sensor system will need to be improved for applications in the future 
that require higher accuracy.
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This chapter has been submitted for publication. 

Abstract

Background Medical needle tracking through shape sensing based on fiber Bragg grating 
technology has previously been demonstrated and evaluated in 2-D. This work aims to 
quantify the 3-D accuracy of needle shape reconstruction and to validate its functioning 
using computed tomography (CT). 

Method An 18G medical needle with three optical fibers with five FBGs each was inserted 
in a gelatin phantom. After insertion, the needle shape was reconstructed based on the 
FBG measurements and compared to its shape retrieved from CT scans.

Results The error at the needle tip is maximally 1 mm and on average approximately 10% 
of the tip deflection. The accuracy is less for a double curved needle than for a single 
curved needle.

Conclusion Highly accurate FBG-based reconstruction of the needle shape is feasible. 
For clinical applicability, the technique needs to be combined with sufficiently accurate 
and reliable tracking techniques to measure the needle’s position relative to the patient’s 
anatomy.
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6.1 Introduction

In interventional radiology, needles are commonly inserted percutaneously for diagnostic 
and therapeutic purposes (e.g. biopsy, ablation, and brachytherapy). Accurate placement of 
the needle tip contributes to a successful intervention, but is hindered by deflection of the 
needle. To this end, intra-procedural information about the target location and the needle 
tip position is required. This is most commonly achieved through CT- or ultrasound-
guidance. Shape sensing based on fiber Bragg grating (FBG) technology has previously 
been proposed [1, 2] for needle tip tracking in order to supplement or replace the spatial 
information about the needle’s position obtained through these imaging modalities.

An FBG behaves as an optical strain sensor with a cross-sensitivity to temperature [3]. 
It is a grating that is incorporated in the core of an optical fiber. When broadband light is 
introduced in the fiber, the FBG reflects one wavelength that corresponds to the period 
of the grid. This period changes when the fiber is elongated or compressed, resulting in 
a shift in the wavelength that is reflected by the FBG. Multiple optical fibers can safely 
be incorporated in a medical needle thanks to their small diameter and the absence of 
electrical circuits for read-out. Additionally, multiple FBGs can be included in a single 
optical fiber, which are read out through multiplexing [4, 5]. 

Shape sensing requires multiple optical fibers with multiple FBGs embedded along 
its length. When three fibers are radially placed 120° apart and the FBGs in the fibers 
are aligned longitudinally, three strains can be measured in a cross section. From these 
strains the elongation in axial direction and the degree and direction of bending can 
be determined. The needle bending can also be determined in between the FBGs by 
interpolating the strains and translating these to the degree and direction of bending. 
Summing and rotating the parameters obtained from multiple sets of FBGs along the 
length of the needle enables retrieval of the 3-D coordinates that correspond to the entire 
needle shape.

Park et al. [1] report on an MRI-compatible needle that contains three optical fibers 
with two FBGs each for the purpose of shape sensing, with which the tip position can be 
estimated with an RMS error of 0.38 mm in case of 15 mm deflection in 2-D. A medical 
needle with three optical fibers with two FBGs with a similar 2-D accuracy is presented 
in [2]. In addition to this, the current authors presented a method for calibration in [6] and 
optimized the model for shape sensing and investigated the added value of increasing the 
number of FBGs and optimizing their distribution in [7]. 3-D needle shape reconstruction 
for needle deflections in free space was evaluated in [8]. In the above mentioned studies, 
various needle shapes were obtained by applying deflections at two different locations 
along the needle shaft. Error measurements were based on the measurements of the 
needle tip position while the exact needle curvature was only estimated from theoretical 



106 

CHAPTER 6

approximation techniques. Therefore, the accuracy of 3-D FBG-based reconstruction of 
the entire needle shape has yet to be determined. 

This research aims to quantify the 3-D accuracy of a shape sensing needle with five FBGs 
in each of the three optical fibers and to validate its functioning using CT. CT allows 
us to generate a 3-D image of the needle from a large series of 2-D radiographic images 
taken around a single axis of rotation. In the experiment, an interventional radiologist 
inserted the needle in a gel phantom after which the needle was scanned. In the analysis 
we compared the FBG-based needle shape reconstruction with the needle shape that was 
retrieved from the CT images.

6.2 Materials and methods

6.2.1 Needle

Three optical fibers (HI-780 Specialty fiber, Corning Incorporated, Corning, USA) with 
five FBGs each were glued in 0.3 mm grooves in the cutting stylet of a trocar needle 
(18G/20cm, Cook Medical, Bloomington, USA). The manufacturing process is further 
elaborated on in [2]. The FBGs were situated 20, 60, 100, 140, and 180 mm away from 
the proximal end of the needle. The positions of the FBGs within one cross section were 
calibrated by placing the needle in a 1.4 mm groove with a constant radius of 350 mm
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Figure 6.1 The calibrated positions of the five FBG 
trios. The FBGs in one cross section are shown in 
the same color.

dA

βB

dB
dC

βC

εmax

α

cutting
stylet

εC

εA

εB

x

y

Figure 6.2 Schematic view of a cross section of the 
needle. The degree of bending at this cross section 
is represented by the maximal strain (εmax) at a 
distance dA from the centerline, that is determined 
based on strains εA, εB, and εC in the fibers. The 
direction of bending (α) is determined with respect 
to fiber A. The positions of the fibers in this cross 
section are defined by the distances between their 
midlines and the midline of the cutting stylet (dA, 
dB, and dC) and their orientations with respect to 
fiber A (βB and βC).
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Figure 6.3 Overview of the experimental set-up.

and rotating the needle around its axis, while registering the output of the FBGs. The 
calibration process is further described in [6]. The calibrated positions of the five FBG 
trios are presented in Figure 6.1.

6.2.2 Experiment

The experiment (Figure 6.3) aimed to quantify the 3-D accuracy of FBG-based shape 
sensing. To this end, an interventional radiologist inserted the needle ten times in 
an inhomogeneous gel phantom, after which the needle shape was registered with 
CT (Somatom Definition Edge, Siemens). The inhomogeneous phantom was prepared 
in a transparent container (15x17x21 cm) and consisted of ~3 cm gelatin lumps with 
a concentration of 25m% in gelatin with a concentration of 5m%. The main aim of 
constructing a phantom with these properties was to inflict a certain amount of defection 
when the needle was inserted. Further, the original cannula of the needle was replaced 
by a cannula with a bevel tip to ensure significant deflection during insertion. Two 
markers (SL-15, Suremark, Simi Valley, USA) were placed on the distal end of the 
needle as reference in the CT. The proximal end of the needle served as the third marker.

After the needle was inserted, the FBG output was registered and a spiral CT scan was 
made. When the needle was removed, the output of the FBG was registered again to 
define the outputs of the FBGs in unstrained condition. The FBG measurements and CT 
scans were stored for processing afterwards.
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6.2.3 Data processing

FBG-based needle shape

The 3-D needle shape was determined based on the FBG measurements according to 
the model presented in [7]. The shift in the wavelength reflected by an FBG (ΔλB) was 
determined by subtracting the mean output of each FBG in unstrained condition (λB) 
from the mean output after insertion. The strain in each FBG (ε) was calculated through

	 ε=ΔλB/λB (1-Pε )						     (6.1)

where Pε is the photo-elastic factor of the FBG. Then the strain was estimated at n 
positions in each of the fibers through linear interpolation based on the strain in the five 
FBGs.

The bending at each of the n positions along the needle was determined by relating the 
strains in the three fibers (εA, εB, and εC) to each other. Figure 6.2 provides a schematic 
view of the needle cross section. First the axial strain component (ε0) was determined 
which includes strain due to axial stress and axial temperature changes. 

	 ε0=(A∙n̅ε )/n̅ε(3)						     (6.2)

In this, n̅ε was the normal vector of the plane through the three points A=(0, dA , εA ),  
B=(dBx  ,  dBy  ,  εB), and C=(dCx  ,  dCy  ,  εC). The distances between the centerline of each 
FBG and the centerline of the needle or triplet were dA, dB, and dC that depend on the 
orientations of Fiber B and C with respect to Fiber A (βB and βC). Radial temperature 
changes were disregarded, assuming that the FBGs in one cross section are subject to the 
same temperature change.

The degree of bending was represented by the maximal strain (εmax) within the cross 
section of the needle. The maximal strain and the direction of bending (α) were implicitly 
defined by

	 εA = εmax cos(α) + ε0					     (6.3)

	 εB = dB⁄dA εmax cos(βB+α) + ε0				    (6.4)

	 εC = dC⁄dA εmax cos(βC+α) + ε0				    (6.5)



Validation of FBG-based needle shape sensing through 3-D CT

109 

Then the strains in the fibers are compensated for the axial strain component and the 
differences in dA, dB, and dC.

	 εA’ = εA- ε0						      (6.6)

	 εB’= dA⁄dB (εB- ε0)	 				    (6.7)

	 εC’= dA⁄dC (εC- ε0)	 				    (6.8)

After that, εmax and α were determined.

	 εmax
2=(εA’ 2 cosβB - 2 cosβB εA’ εB’ + εB’ 2)/sin2βA 		  (6.9)

	 tan α = (εA’ cosβB - εB’)/εA’ sinβB	 			   (6.10)

To avoid large errors when the needle was almost straight, εmax was set to zero in case εmax 
was smaller than a threshold in accordance with the resolution of the interrogator (6 pm). 
The shape of the needle (x̅FBG) was reconstructed by summing and rotating the 3-D 
displacements (dx, dy and dz) of each needle section in between the n points. L is the 
length of the needle.

	 dx = L/n sin(α)  sin(εmax (L⁄n)/2dA)	 		  (6.11)

	 dy = L/n cos(α) sin(εmax (L⁄n)/2dA)			   (6.12)

	 dz = L/n cos(εmax (L⁄n)/2dA)				    (6.13)

CT-based needle shape

MeVisLab (Version 2.2.1, MeVis Medical Solutions AG, Bremen, Germany) was used 
to retrieve the 3-D needle shape from the CT images. Multiple (220-465) points on the 
needle were selected through clicking and were then exported as 3-D coordinates in the 
coordinate system of the CT scanner. The positions of the three markers were retrieved 
from the CT images in the same way. Three third-order polynomials were fitted between 
a reference vector and each of the three dimensions of the needle shape. The reference 
vector consisted of the distance between each point on the needle and the proximal end. 
The three polynomials were evaluated for n points equally spaced along the needle to 
obtain the 3-D CT-based needle shape (x̅CT). This process was executed for each of the 
ten measurements.
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Procrustes analysis in MATLAB (R2011b, Mathworks, Natick, USA) was used to 
match the FBG-based needle shape with the CT-based needle shape. First, the degree 
of needle deflection based on the FBGs was evaluated by retrieving the optimal fit 
between the individual needle shapes based on the FBG measurements (x̅FBG) and CT 
images (x̅CT). Secondly, the orientation of the FBG-based needle shape was evaluated by 
taking the positions of the markers in account. Therefore, the individual fit of reference 
measurement  #10 was used to relate the coordinate system of the FBGs to the CT-
coordinate system of the markers. In the remaining measurements, the orientation of the 
needle with respect to the reference measurement was determined by matching the marker 
positions in the particular measurement with the marker positions in measurement #10. 
After this, the coordinates of the CT-based needle shape were translated and rotated to 
obtain the CT-based needle shape in the FBG coordinate system. 

The FBG-based needle shapes were compared to the CT-based needle shapes by 
calculating the difference or distance between the two shapes, in which the CT shape 
served as the golden standard. Two errors were computed: the error at the tip of the needle 
and the mean error along the length of the needle.

6.3 Results

Figure 6.4 shows a 2-D projection of each of the 3-D FBG-based and CT-based needle 
shapes. The CT-based needle shapes are individually matched with the FBG-based 
needle shapes. The tip deflection according to the FBG-based needle shape and the tip
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Figure 6.4 Projections of the 3-D needle shapes per measurement. The CT-based needle shapes are 
individually matched with the FBG-based needle shapes.
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and mean error of the needle shapes are presented in Table 6.1. The mean tip error is 
0.48 mm for a mean tip deflection of 4.43 mm. The mean error along the length of the 
needle is 0.18 mm. The smallest tip error is 0.07 mm for measurement #10, with a mean 
error along the length of 0.05 mm The largest tip error is 0.88 mm for measurement #3 
with a mean error along the length of 0.37 mm. Two orthogonal projections of the needle 
shapes in measurement #3 and #10 are provided in Figure 6.5. The needle has a single 
curve in measurement #10, which is accurately reconstructed based on the FBG output. 
The needle is doubly curved in measurement #3 and the FBG-based needle shape does 
not correspond well to the CT-based needle shape. 
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Figure 6.6 Projections of the 3-D needle shapes per measurement. The CT-based needle shapes are 
matched with the FBG-based needle shapes based on measurement #10 and the marker positions.
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Table 6.1 Errors [mm] in the FBG-based shape reconstruction. The tip deflection [mm] is determined 
according to the FBG-based needle shape. The tip error is the distance between the FBG-based and the 
CT-based needle shape. The mean error is the mean distance between the FBG-based and the CT-based 
needle shape along the length of the needle. Both errors are determined for both matching methods.

                          # 1 2 3 4 5 6 7 8 9 10

Deflection at tip 6.27 2.71 5.21 2.30 3.69 2.61 7.97 2.20 8.62 2.71

Individually optimized fit

Error at tip 0.18 0.50 0.88 0.71 0.23 0.48 0.58 0.51 0.68 0.07

Mean error 0.09 0.13 0.37 0.41 0.13 0.17 0.11 0.13 0.18 0.05

Fit based on #10 and markers

Error at tip 8.62 3.39 1.88 1.97 0.35 7.99 1.42 6.41 1.70 0.07

Mean error 4.26 1.73 1.65 1.54 0.55 3.29 0.78 2.86 1.48 0.05  

Figure 6.6 presents the same 2-D projection of the two 3-D needle shapes as presented in 
Figure 6.5. In this series, the CT-based needle shapes are matched with the FBG-based 
needle shapes based on the fit of reference measurement #10 and the fit of the marker 
positions. The corresponding tip errors and mean errors are provided in Table 6.1. Here, 
the mean tip error is 3.38 mm for a mean tip deflection of 4.43 mm. The tip errors range 
from 0.35 mm in measurement #5 to 8.62 mm in measurement #1. This is a combined 
result of errors in the FBG measurements and in (the fit of ) the marker positions. Errors 
in the FBG measurements cause inaccurate reconstruction of the needle shape. Errors 
in (the fit of ) the marker positions introduce a misalignment of the CT-based needle 
shape with the FBG-based needle shape, which hampers a realistic comparison between 
the two needle shapes. For example, the tip error in measurement #1 is 0.18 mm for 
the individual fit and 8.62 mm for the fit based on measurement #10 and the marker 
positions. Visualization of measurement #1 in Figure 6.6 shows the misalignment of the 
CT-based needle shape introduced by the errors in the marker positions.

6.4 Discussion

The aim of this research was to quantify the 3-D accuracy of FBG-based shape sensing of 
medical needles in order to evaluate its suitability for providing intra-operative feedback 
about the needle’s tip position in percutaneous needle interventions. Therefore, a medical 
needle with markers on the handle was equipped with three optical fibers with five FBGs 
each. The needle was inserted in an inhomogeneous gel phantom after which the FBG 
outputs were measured and a CT scan was made. Afterwards, the needle shape was 
reconstructed based on the FBG outputs. This shape was compared to the needle shape 
retrieved from the CT images.
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Optimizing the fit between the FBG-based needle shape and the CT-based needle shape 
per individual measurement indicates that it is possible to accurately reconstruct the 
needle shape based on FBG measurements. After matching the two needle shapes, the tip 
error is maximally 1 mm and on average approximately 10% of the tip deflection. Some 
of the FBG-based and the CT-based needle shapes are misaligned, when matching is 
obtained via a reference measurement and the marker positions at the handle are retrieved 
from the CT images. This disturbs the comparison between the two needle shapes and the 
quantification of the accuracy of the FBG-based shape reconstruction.

The accuracy of the FBG-based reconstruction of the needle shape is less for a double 
curved needle than for a single curved needle, which is in line with the results in [2, 8]. 
The curvature of the needle is estimated based on a limited number of FBGs, since pre-
procedural information about the exact loading profile is not available. When a double 
curve is present, the actual strain distribution along the needle is more complex, but still 
has to be retrieved from the same number of FBGs. In addition, the strain measured in 
the FBGs is not strictly local and is affected by the strain along the complete needle due to 
strain losses and strain distribution in the glue. This effect becomes more visible in double 
curved shapes, because the strains in the two curves cancel each other out by the strain 
distribution.

The high accuracy of the individual fits suggests that the errors in the FBG measurements 
do not affect the degree of bending substantially. However, the results of the second 
matching method suggest that these errors may affect the orientation of the needle 
deflection. This effect could not be quantified accurately based on the current data due to 
the limited accuracy of (the fit of ) the marker positions. Errors in the marker positions 
may be small due to the high resolution of the CT images, but even these small errors add 
up to large errors in the estimation of the handle’s orientation relative to the needle shaft 
as the markers are only a few millimeters apart.

The 1 mm accuracy found in this study is in line with previous findings [1, 2]. Such accuracy 
is presumably sufficient for application in percutaneous needle interventions. However, 
the current study shows that the accuracy that can be obtained in practice will be less 
due to the effect of errors in the FBG measurements on the reconstructed needle shape. 
Further, a highly accurate reference method is required to relate the coordinate system of 
the FBGs to the real world, to be able to estimate the needle tip position relative to the 
patients organs within the clinically accepted margins. Dedicated systems for instrument 
tracking are readily available in clinical practice for stereotaxy [9]. Alternatively, other real-
time imaging techniques such as ultrasound could be used for global localization of the 
needle’s position while the exact shape is reconstructed using FBGs.
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6.5 Conclusion    

We conclude that highly accurate FBG-based reconstruction of the needle shape is 
possible. For clinical applicability, the technique needs to be combined with sufficiently 
accurate and reliable tracking techniques to measure the needle’s position relative to the 
patient’s anatomy.
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Abstract

Background Needles are commonly used in clinical practice to take a biopsy or to deliver 
substances, while limiting damage to the healthy surrounding tissue. A force sensor at the 
tip of the needle allows for the registration of the interaction between needle and tissue 
and may assist in navigation. This study reports on the development of a needle with a 
force sensor in the tip based on fiber Bragg grating (FBG) technology.

Method The relation between the output of the FBG and the tip force was characterized at 
various temperatures. In addition, the needle was evaluated in vivo by inserting it in the 
liver of a porcine.

Results The relation between the output of the FBG and the tip force was characterized at 
various temperatures. In addition, the needle was evaluated in vivo by inserting it in the 
liver of a porcine.

Conclusion Detection of force peaks with an FBG in the tip of a needle is feasible. Solutions 
for compensation of the effect of temperature include adding an FBG.
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7.1 Introduction

Needles are commonly used in various clinical applications, which include biopsy, ablation, 
brachytherapy and many more. Accurate placement of the needle is essential to ensure 
a successful outcome of the procedure. Guidance is usually accomplished by means of 
imaging techniques such as ultrasound or CT. However, other information sources may 
contribute to accurate placement of the needle tip as well. One of these sources is the 
force that acts on the needle during insertion. Registering peak forces at the tip allows for 
the identification of different tissue layers, which may assist the physician to navigate to 
the target. For example, a sudden drop in force could inform the physician whether the 
needle has actually punctured a specific membrane or target organ, or has only pushed 
it away. In addition, force sensing at the needle tip can possibly be applied to distinguish 
between healthy and diseased tissue and help to ensure that the intervention (e.g. biopsy) 
is performed at the right location. However, limited opportunities are currently available 
to accurately quantify the force that acts on the needle tip. This research aims at the 
development of a needle that measures the axial forces at the tip during insertion.

Limited data are currently available on the forces that are present during needle 
insertion. Van Gerwen et al. [1] summarized literature that reports on experimentally 
determined needle-tissue interaction forces. The range of reported forces is wide due to 
large variation in the experimental methods, while the forces itself highly depend on the 
insertion velocity, needle properties, and tissue type that has been punctured. The forces 
are typically measured at the handle of the needle which provides information about the 
total axial insertion force, which is the sum of the friction force along the needle shaft 
(Ffriction), the force that is exerted by the stiffness of the tissue on the needle tip (Fstiffness), 
and the force that is required to cut through the tissue (Fcutting) [2]. It is difficult to 
delineate the contribution of these individual components when only the total insertion 
force is measured. In an experimental setting partial solutions can be applied to estimate 
the magnitude of a single component. For instance, the friction force can be determined 
indirectly by measuring the total force at the handle during removal of the needle, because 
the other two components both equal zero in case the needle is withdrawn [3]. Another 
option to measure Ffriction separately is to move the needle through tissue while the tip 
is sticking out on the other side [2, 4, 5]. The forces that act only on the tip (Fstiffness and 
Fcutting) can be determined indirectly by subtracting Ffriction from the total insertion force. 
These methods are not feasible though during real interventions.

The needle presented here measures forces at the tip (Fstiffness and Fcutting) separately from 
the friction along the shaft through a glass fiber that is integrated in the needle. A fiber 
Bragg grating (FBG) is embedded in the core of the fiber that operates as a strain sensor by 
reflecting light with a wavelength that corresponds to the strain [6]. The small diameter of 
the fiber and the sensor allows for the incorporation in a thin device like a needle. Besides 
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this, FBGs induce no risk for the patient as they contain no conductive materials and 
only require an optical signal. The use of fibers with FBGs for strain sensing on needles 
has been proposed in several previous studies. For instance, when three of such fibers are 
implemented, it is possible to measure bending of the needle for the purpose of shape 
sensing or to measure lateral forces [7‐9]. Elayaperumal et al. [10] have combined shape 
sensing and axial tip force sensing. This force sensor is well able to distinguish friction 
forces from tip forces, but the open structure of the needle may not be eligible for use 
in clinical practice. Ho et al. [11] report on the integration of a single FBG in the tip of 
an ablation catheter aiming at a qualitative interpretation of the FBG output to avoid 
puncturing of the heart. In the current study, the goal is not only to develop a device that 
could identify such an event but also to accurately quantify the interaction forces with a 
needle that is appropriate for use in clinical practice.

This paper discusses the design of a needle with a single FBG in the tip for the purpose 
of measuring axial tip forces. It also reports on the identification of the relation between 
the tip force and the FBG output. Since FBGs are sensitive to variations in temperature 
and the temperature of the needle changes during insertion (i.e. from room temperature 
to body temperature), measurements are repeated at different temperatures. In addition, 
pilot experiments suggested that the FBG output may be influenced by the magnitude of 
the force that acts on the tip and by the rate at which it is applied, therefore these effects 
are investigated as well. Finally, the needle is validated in an in vivo experiment in a porcine 
model.

7.2 Method

7.2.1 Design of the needle

The design of the force sensing tip of the needle was guided by three main requirements:
I.	 It should be possible to integrate the sensor in existing needles that are currently 

available for medical purposes. For this study, we choose to use an 18 G/20 cm trocar 
needle of Cook Medical that is regularly used in nephrostomy, in which a catheter is 
placed in the kidney to directly drain urine;

II.	 The sensor should be able to measure the axial forces directly at the tip to eliminate 
the contribution of friction to the measured force. The measurement range of the 
sensor should be between 0 and 15 N with an accuracy of 0.01 N, based on forces 
that are previously reported to occur during needle insertion in the kidney [1];

III.	 The needle with the force sensing tip is required to be medically safe, biocompatible 
and sterilizable to allow for use of the needle in clinical practice.
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Figure 7.1 Design of the cutting stylet of the force sensing needle. The strain sensing FBG is fixated in a 
PVC jacket that is compressed in between the tip and the shaft when an axial force acts on the tip.

The trocar needle consists of the original outer sheath and a cutting stylet. The cutting 
stylet (Figure 7.1) is modified to integrate the fiber (Hi 780 specialty fiber, Corning, 
USA) with the FBG (central wavelength of 856 nm±0.5 nm) with the needle in such a 
way that the forces exerted on the tip result in strain of the optical fiber that is measurable 
by the FBG. Therefore, the FBG is situated in a 200 μm groove with a depth of 430 μm 
in a cylindrical PVC jacket (0.7 mm OD) that is positioned in a cavity in the shaft. The 
FBG is fixated with a bonding (Loctite 4061, Henkel, Germany) and the remaining space 
in the groove is filled up with a second bonding (Loctite 4031, Henkel, Germany). The 
cavity that holds the jacket is created by replacing the cutting stylet by two concentric 
tubes (1.0/0.7 mm and 0.7/0.35 mm OD/ID, respectively), of which the inner tube is 
8.4 mm shorter. The tip is placed directly adjacent to the jacket, but a PVC ring is placed 
in between the shaft and the tip to transfer the movement of the tip with respect to the 
shaft to the jacket and the FBG, without leaving an open space in between where tissue 
could accumulate.

When the needle is inserted, the force acting on the tip is transferred to the FBG. Only 
forces in axial direction are transferred, because rotation and lateral translation of the 
FBG jacket is constrained by the shaft. The axial force (F) pushes the needle inward and 
compresses the jacket and the FBG, which will result in a strain (ε).

	 ε = F / AE						      (7.1)

A is the cross sectional area of the jacket including the optical fiber and the ring. E is 
the Young’s modulus of the PVC jacket, the fiber, and the PVC ring. Assuming that the 
Young’s modulus equals the one of PVC (~3.3 GPa), a force of 0.01 N results in 7.9 με, 
which is higher than the resolution of the read‐out of the FBG (~3 με). The strain results 
in a change in the wavelength that is reflected by the FBG (ΔλB), which is theoretically 
presented by
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	 ΔλB/λB = (1-Pε )  ε + (αT+ξ)  ΔT				    (7.2)

in which Pε is the photo‐elastic factor. A shift in the wavelength can also be introduced by a 
change in temperature (ΔT), of which the relation is determined by the thermo‐expansion 
coefficient (αT) and thermo‐optic coefficient (ξ) of the FBG. λB is the Bragg wavelength, 
that is determined by the grating period Λ and the effective refractive index neff is in an 
unstrained FBG.

	 λB = 2neff Λ						      (7.3)

According to Rao [12], FBGs that operate around 830 nm have a sensitivity to strain 
and temperature of approximately 0.64 pm/με and 6.8 pm/°C, respectively. If the 
measurements are performed at a known, constant temperature, ΔλB relates purely to the 
axial force that acts on the tip.

7.2.2 In vitro experiments

Because both mechanical and thermal factors introduce a change in the wavelength that is 
reflected by the FBG, the relation between the axial force that acts on the tip and the FBG 
output was determined for two different temperatures and three different loading profiles 
in randomized order (Table 7.1). The FBG signal, the exerted force and the strain were 
registered and the slope that relates the FBG output to the exerted force was determined 
for each temperature.

The needle was attached to a load cell of a universal testing machine (Zwick Roell Allround‐
line Z005, Zwick Roell) in vertical position and clamped about 15 mm above the tip 
(Figure 7.2). Then the needle was moved down with a constant velocity (v) first until the 
needle tip touched the ground plate and then until the end force (Fend) was reached (loading 
stage). After that, the force was kept constant during 60 s (constant phase). Finally, the 
needle was moved upwards with the same velocity until the force measured by the load 
cell equaled zero again (unloading phase). The displacement of the universal tester and 
the force measured with the load cell were concurrently registered on a desktop and the 
output of the FBG was measured with an interrogator (Deminsys, Technobis, Uitgeest, 
the Netherlands) at a frequency of 100 Hz. The output of the FBG was provided in pixel 
value, which linearly relates to the peak wavelength it reflects. When the temperature was 
38°C, the measurements were executed inside a temperature chamber (BW91250, Zwick 
Roell). The other measurements were carried out while the needle was placed in a beaker 
filled with water. The temperature of the water was monitored manually with a thermo 
couple and, when necessary, adjusted by adding cold water in between measurements.
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Figure 7.2 Schematic view of the calibration set‐up. The needle is clamped and attached to the load cell of 
the universal testing machine. In the calibration cycle, the needle is moved down with a constant velocity 
until the end force is reached. Then the end force is held for 60 s, after which the needle is moved up with 
the same constant velocity. The displacement of the testing machine, the forces measured with the load cell 
and the output of the FBG are registered concurrently.

7.2.3 In vivo evaluation

The performance of the sensorized needle was evaluated in an in vivo experiment in 
which the needle was manually inserted in the liver of a living porcine. As shown in                      
Figure 7.3, the handle of the needle was connected to a 6 DOF force/torque sensor (Nano 
17 SI‐12‐0.12, ATI Industrial Automation, USA). This assembly was covered with an 
outer shell to make sure that all forces were transferred to the force sensor and to provide 
an easy grip to the physician.

As the calibration experiments showed high sensitivity to variations in temperature an 
additional calibration was carried out before the actual measurements were started. The 
needle was placed in a beaker filled with water of 38°C, which equals the body temperature 
of the porcine. The needle was held in a vertical position and manually pressed against the 
bottom of the beaker multiple times, while the output of the force sensor and the FBG 
was measured. One single calibration factor that linearly relates the FBG output to the tip 
force (the slope) was extracted from this calibration.

The porcine was a Norwegian land‐race pig weighing 50 kg. It was treated according 
to the Guide for the Care and Use of Laboratory Animals. The study was approved by 
the Norwegian Experimental Animal Board in agreement with the Helsinki convention 
for the use and care of animals. The pig was intubated through a tracheostomy, fully 
anesthetized, mechanically ventilated during the length of the experiment, and after the 
experiments euthanized without waking up.
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Table 7.1 Settings of all calibration cycles and the results ‐mean (standard deviation)‐ for the loading phase.

# T v Fend ∆F ∆z ∆PV dF/dPV Mean 
fit 
error

Max   
fit 
error

°C μm/s N N μm - N N N

6 20.5 85 10 9.98 (0.02) 95.1 (5.63) 0.278 (0.00) 36.9 (0.98) 0.169 0.667

5 20.5 17 2 2.01 (0.02) 77.0 (19.4) 0.055 (0.00) 39.0 (3.38) 0.039 0.114

6 20.5 17 10 9.97 (0.01) 84.9 (3.20) 0.270 (0.01) 33.1 (0.62) 0.179 0.439

6 38.0 85 10 10.0 (0.04) 81.1 (2.56) 0.485 (0.02) 20.8 (0.98) 0.268 0.690

6 38.0 17 2 2.12 (0.03) 64.4 (5.53) 0.068 (0.00) 32.4 (0.63) 0.044 0.239

6 38.0 17 10 10.0 (0.01) 75.9 (1.24) 0.511 (0.01) 16.7 (0.24) 0.295 0.927

T = temperature 		  ΔF = measured force difference
v = insertion velocity 	 Δz = measured displacement of the universal tester
Fend = final force		  ΔPV = change in pixel value measured by the interrogator
dF/dPV = slope that relates pixel value to the force; mean and maximal error of the linear fit 

An experienced physician first made a cut in the skin. The choice of the location and 
appropriate approach angle for inserting the needle was based on pre‐operatively obtained 
X‐ray images. After that, he inserted the needle manually through all intervening tissue 
layers into the liver. This was repeated ten times starting at different points of insertion. 
During the insertions, the forces and the output of the FBG were measured synchronously 
at a sample frequency of 100 Hz.

Afterwards, the outputs of the FBG were translated to tip forces through multiplication 
by the slope obtained from the measurements in the beaker. The tip forces were compared 
to the total insertion forces measured at the handle to investigate how the sensor had 
functioned in the in vivo experiment.

handle6DOF
force

sensor

outer
shell

needle FBG-based
tip sensor

optical
fiber

Figure 7.3 Schematic view of the needle handle during the manual insertions in the living porcine. A                 
6 DOF force sensor is attached to the needle and the whole is covered by an outer shell to allow for 
complete transfer of forces to the force sensor and to provide a convenient hand grip to the physician.
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7.3 Results

7.3.1 In vitro experiments

Figure 7.4 shows the relation between the change in FBG output and the force measured 
by the load cell of the testing machine of all measurements. One of the measurements 
(T=20.5°C, 17 μm/s and 2 N) was disregarded, because significant control issues of the 
testing machine were observed. The relation between the output of the FBG and the force 
is not strictly linear and hysteresis and relaxation occur. Different responses of the FBG 
are observed for different temperatures, loading rates and forces.

The actual difference in force, the displacement that is applied to reach the end force and the 
corresponding change in the FBG output are registered. The mean and standard deviation 
of these parameters per setting are summarized in Table 7.1 for the loading phase. The 
displacement and the change in FBG output were both scaled to match an end force of 
exactly 2 or 10 N. Table 7.1 also presents the slope of the loading phase of the FBG‐force 
curve that was determined by means of a linear fit that was determined by minimizing the 
summed squared error as well as the corresponding mean and maximal error of the linear 
fit. The overall mean error of the fit was 0.17 N which gives an indication of the accuracy 
of the tip sensor.

Zooming in on the effect of temperature, the slope is smaller for the loading cycles at 
38.0°C than those at 20.5°C irrespective of the other settings. This is partly caused by 
the larger output of the FBG for the higher temperature, which was expected based 
on the cross sensitivity of the FBG to temperature. However, the smaller displacement 
that is required to reach the end force also contributes to the difference in slope. This
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Figure 7.4 The relation between the change in pixel value (∆pV) of the FBG and the force for each 
measurement. Different responses are observed for different settings. Linearity is compromized by the 
friction between the needle and the jacket and hysteresis and relaxation occurs.
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indicates that the sensor is less compliant at higher temperatures, while normally the 
stiffness of materials ( jacket and bonding) decreases when the temperature increases. 
Friction between the jacket and the shaft that increases as the jacket thermally expands 
may contribute to this.

7.3.2 In vivo measurements

Figure 7.5 shows the total axial force measured with the external force sensor and the 
force measured with the FBG at the tip. The tip force was calculated by multiplying the 
output of the FBG with the slope (17.1 N) that was determined based on the calibration 
measurements that were carried out just before the insertions. The peaks in the tip force 
coincide with the peaks in the total axial insertion force. However, it appears that the 
magnitude of the tip force is not representative due to warming of the needle to the body 
temperature of the pig. Consequently, approximately the first five seconds are influenced 
by a change in temperature. This effect is also observed when the needle is removed from 
the porcine again, where the force acting on the needle tip is zero and the FBG output is 
still changing because the temperature is decreasing to room temperature.
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Figure 7.5 Total force measured at the handle (Ftotal) and tip force measured with the FBG at the tip (Ftip) 
during one of the insertions in a porcine liver. The change from room temperature to the body temperature 
of the porcine affects the force measurement at the tip. The tip sensor is well able to register peak forces.
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When looking at the forces measured with the external force sensor, the maximum peak 
force during the different insertions range between 4.4 and 7.0 N. The maximum friction 
force (measured during withdrawal of the needle) is in between 1.0 and 2.2 N.

7.4 Discussion

A needle with a force sensor at the tip was developed to measure forces that act on the tip 
separately from the friction force along the shaft. In the design, an optical fiber that was 
equipped with a strain sensor based on FBG‐technology was successfully integrated in 
an existing needle. The FBG was assembled in such a way that, apart from temperature 
changes, only axial forces acting on the needle tip were affecting the output. These forces 
caused strain in the PVC jacket that could be measured by the FBG and the interrogator. 
The exterior of the needle remained almost the same compared to the original medical 
needle.

The results of the calibration show that the relation between the FBG output and the 
force that acts on the tip is not strictly linear and that hysteresis and relaxation occurs. 
In addition, the FBG output is affected by the temperature, insertion velocity and the 
magnitude of the exerted force, which cannot always be controlled well during needle 
insertion. This variability is partly introduced by the supporting structure around the 
FBG, for example through thermal expansion of the jacket or through variations in strain 
transfer by the bonding. These factors could be eliminated by measuring the strain directly 
with the FBG, but this is not practicable because of the fragility of the glass fiber. Therefore, 
calibration of FBG‐based force sensors is inevitable to obtain sufficient accuracy.

Additionally, the FBG is influenced by the temperature. As shown in (7.2), a change in 
temperature introduces expansion of the FBG as well as a change in its optical properties, 
both of which affect the reflected wavelength in a direct manner. In addition to this, the 
temperature influences the FBG output indirectly via expansion of the jacket and changes 
in mechanical properties of the glue and the PVC. Other factors besides the temperature 
seem to play a role as well. Friction between the jacket and the shaft and other unknown 
interactions within the construction that supports the FBG were illustrated to be present 
by the higher apparent stiffness due to thermal expansion at higher temperatures. 
Therefore, it was not possible to relate the FBG output to the exerted force with the 
accuracy that was theoretically expected on the basis of the sensitivity for strain of the 
FBG and the sensitivity of the interrogator. However, the in vivo experiments show that 
that the current sensor is able to register force peaks during insertion in tissue, which 
suggests that accurate measurements of the tip forces using FBGs are feasible after 
improving the sensor design.
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One improvement is to add an extra FBG for temperature compensation, so that extensive 
calibration is no longer needed and a higher accuracy can be obtained. Three configurations 
are available for temperature compensation. In the first configuration, two FBGs are 
placed in one fiber of which one is glued to the jacket and the other is not. This design is 
very similar to the current design and does not introduce any difficulties in production. 
However, the FBG for temperature compensation may not be located sufficiently close to 
the force sensing FBG, so that the temperature compensation is delayed with respect to 
the force measurement during needle insertion. In the second configuration, two fibers 
with one FBG each are incorporated in the jacket. Again only one FBG is glued to the 
jacket to measure the force and the other FBG serves for temperature compensation. 
This configuration allows for more precise temperature compensation, although still 
a temperature difference in lateral direction might deteriorate the results. In addition, 
the production of such a configuration will be challenging due the limited spaced that is 
available in the jacket. A third option is to use a more sophisticated FBG that is able to 
measure temperature changes and mechanical strain at the same time. An example is a 
partly covered FBG [13, 14] that responds differently to a force acting on the FBG than 
to a change in temperature. These FBGs will be more expensive and the read‐out will be 
more complicated.

Despite the limitations of the currently developed needle, our study shows that accurate 
sensing of axial forces at the tip based on FBG technology is feasible. These results are in line 
with Elayaperumal et al. [10]. In addition, we show that it is possible to incorporate force 
sensing without altering the exterior of the needle thereby ensuring proper functioning 
with the current approach. This confirms that it is possible to accurately quantify the 
interaction forces with a needle that is appropriate for use in clinical practice.

It is generally assumed that providing feedback about forces assists physicians to accurately 
navigate the needle to the target. For example, peak forces that occur when various tissue 
types are punctured could provide information about the exact location of the needle tip. 
However masking of the forces by the friction between the needle and the tissue may 
complicates this. Further, the interaction mechanics in manual insertion are not only 
influenced by the type and condition of the tissue that is penetrated, but also by the rate 
at which the needle is introduced and the sharpness of the tip for example. In addition, it is 
yet unknown in what fashion force feedback should be provided to physicians to actually 
contribute to precise navigation. To gain more insight in these matters, experimental data 
about the tip forces are essential. Experimental data about the forces that occur at the tip 
are also valuable in characterization of the mechanical properties of different tissue types. 
Force sensing needles like the one that is presented here may support the development 
of models that describe needle‐tissue interaction or in optimization of needle designs, 
thereby contributing to the improvement of the safety and effectiveness of minimally 
invasive interventions.
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This chapter has been submitted for publication. 

Abstract

Background Robotic systems for needle steering are suggested to improve target accuracy 
in percutaneous needle interventions. This work aims at the development of an MRI-
compatible master-slave system for needle interventions in the liver. 

Method The system consists of a steerable needle with shape sensing capabilities and units 
for control and actuation. The orientation of the compliant tip of the steerable needle can 
be adjusted through manipulation of the steering cables that are integrated in the needle. 
Optical fibers with fiber Bragg gratings (FBGs) are also integrated in the needle for the 
purpose of shape sensing. Actuation of the cables and needle insertion is initiated by the 
physician through manipulation of a master device that controls a set of piezoelectric 
actuators. The system is experimentally evaluated by steering the needle to a target in a 
gelatin phantom based on real-time FBG-based visual feedback about the needle shape.

Results Technical evaluations demonstrated the technical feasibility of the system. The 
preclinical experiment illustrated that the needle could successfully be steered toward a 
target using the master input device, guided by a projection of the needle’s position relative 
to the target.

Conclusion The master-slave system could become a valuable tool for needle steering in 
percutaneous interventions.
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8.1 Introduction

Target accuracy is crucial for the success of percutaneous needle interventions (e.g. during 
biopsy taking, ablation procedures, brachytherapy). However, placement errors easily arise 
during procedures in deep-seated tissue structures, which may lead to faulty diagnosis 
and suboptimal therapeutic outcomes. Placement errors generally originate from human 
factors, limitations in visualizing the target, target movement associated with changes in 
the body (e.g. breathing), and the mechanical interaction between needle and biological 
tissue [1]. The latter includes errors due to tissue deformation and needle deflection that 
are influenced by a large number of variables, including the insertion method and the 
characteristics of the needle and the tissue [2].

Recent approaches to improve the targeting accuracy in percutaneous interventions 
include path planning based on models that predict tissue deformation and needle 
deflection [3-7] and the use of robotic systems for steering the needle. Steerable needles 
allow for active control of the needle trajectory and can compensate for target movement 
and needle deflection during insertion. Additionally, delicate tissue (e.g. nerves or vessels) 
can be circumvented and deep structures can be accessed. Well-studied principles in needle 
steering include needle base manipulation [4, 5], steering with bevel or pre-curved needle 
tips [8-10], and telescopic mechanisms [11, 12]. The clinical applicability of these robotic 
systems rely on accurate control that is based on predictive models [1] that describe the 
interaction between the needle and tissue with unknown properties. This work aims to 
develop a master-slave system for needle steering that does not require predictive models.

Navigation of steerable needles without using predictive models calls for accurate spatial 
information about the needle tip and the target while the needle is moving through the 
human body. Previous research used various imaging techniques, such as ultrasound 
(US), computed tomography (CT) and magnetic resonance imaging (MRI), to acquire 
needle position during insertion [13]. US is safe and easy and can be used in real-time, 
but its contrast is low. CT provides high-contrast images, but is time-consuming and 
uses ionizing radiation. MRI has excellent contrast in soft tissue and uses magnetic fields 
and radiofrequency pulses instead of ionizing radiation. Therefore, MRI may be the ideal 
modality for image-guided needle interventions in the liver, but this requires positioning of 
the instrument while the patient is situated in the scanner bore. Within the limited space 
in the scanner, ferromagnetic materials are subject to high magnetic interaction forces, 
and heating may occur in long conducting parts. Besides this, the use of electricity in the 
scanner may cause interference leading to imaging artifacts. To this end, nonmagnetic and 
dielectric instruments and actuators need to be developed that are small enough to be 
used in confined spaces to ensure the compatibility with MRI.

When such MRI-compatible equipment is available, the next challenge is to provide the 
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position and orientation of the needle relative to the target to the physician. Real-time 
registration at appropriate update rates of the position of the instruments with respect 
to the patients anatomy is essential for navigation and exact therapy delivery. Information 
about the needle position can be obtained from the images of the MRI. However, the 
current state of the art is slow and can only be used real-time at the expense of resolution 
or size of the imaged area. Besides this, the time lag of the systems needs to be small to 
allow for dexterous navigation. A promising approach to accurately obtain needle position 
in real-time is based on the use of fiber Bragg grating technology.

A fiber Bragg grating (FBG) is a grid etched onto the core of an optic fiber and acts as a 
strain sensor [14]. Multiple FBGs can be incorporated in a single fiber and the small size 
of the fibers allows for integration of multiple fibers in thin devices such as needles. The 
fiber itself serves as the signal conduit, so that no electrical circuit is required for read-out, 
which makes the technology suitable for application in MRI. FBGs have the property 
to reflect specific wavelengths of light that shift when strained. FBGs can be used to 
measure the axial strain along the length of the needle and can thereby be used to measure 
its deflection. A number of studies integrated FBGs in needles [15-18] and illustrated 
tracking of needle deflection at high sampling rates (>20 kHz). The reconstructed 
shape of the needle inside the body of the patient can be used for robotic control or as 
visual feedback through an overlay in the MR images. This will reduce problems with 
uncertainties in needle position due to needle deflection and target movement.

The objective of this study is to develop a master-slave system consisting of a steerable 
MRI compatible needle with precise position sensing for navigation in percutaneous 
interventions. The system is designed for needle insertion in the liver, but is suitable for a 
variety of procedures in the abdominal or thoracic area. To obtain this goal, the following 
technologies are combined: needles with cable-actuated compliant tips to allow for 
readjustment of the tip orientation and steering angle; real-time FBG-based sensors for 
the measurement of needle shape; and nonmagnetic piezoelectric actuators and driving 
mechanisms to enable positioning of instruments within the MRI scanner. Extensive 
modelling of needle-tissue interactions and real-time imaging with high update rate are 
not needed in this system, because the needle path can be adjusted at any time through 
manipulation of the needle tip based on the real-time FBG-based shape sensing. The 
driving mechanism to steer and to insert the needle is controlled by the physician through 
a master input device to ensure the safety of the interventions.

The overall accomplishment of the work is the realization of a fully actuated needle 
with precise position sensing that can remotely be steered in an MRI environment. An 
experiment is performed in which the needle is inserted into a gelatin phantom towards 
a target using the master input device. To the best of the authors’ knowledge, no other 
studies have realized a setup that integrates all these components into one system. The 
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first section of this paper presents the main components of the system: the cable-actuated 
compliant needles; integrated FBG-based shape sensing; the driving system based on 
piezoelectric actuators and capacitive rotary sensors; and the master device and control 
algorithms used to drive the actuators. The second section describes the experimental 
setup with which the functioning of the system is validated. The experimental results on 
steering a needle towards a target in a gelatin phantom are also presented in this section. 
Finally, this work is concluded and directions for future work are provided.

8.2 System design

8.2.1 Overview

An overview of the robotic system is provided in Figure 8.1. Since large parts cannot be 
positioned in the limited space of the scanner bore, the actuator unit that takes care of the 
insertion and steering of the needle has to be situated outside of the scanner bore. The 
distance between the actuator unit and the point of insertion in the patient is bridged by 
means of a guiding tube. The steerable needle with FBGs for shape sensing runs through 
this guiding tube and accesses the body through a trocar that is attached to the patient. 
Markers on the trocar enable alignment of the coordinate systems of the scanner and the 
FBG-based shape sensors. The master device and the control unit drive the actuators and 
can be placed inside or outside the MRI room together with the interface for the physician. 
The specifications of the steerable needle, the guiding tube and trocar, the shape sensing 
with FBGs, the actuation system, and the master device and control unit are elaborated 
on in this section.

The process of applying the system in clinical practice comprises the following steps. The 
physician determines the point of insertion and the pathway based on an initial MRI scan. 
After that, the trocar is attached to the patient, the actuators are positioned above the 
patients legs, and the guiding tube is mounted to the trocar. Then, the patient is moved 
into the MRI scanner and needle insertion can be initiated. The physician steers the 

MRI scanner
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needle
liver

guiding tube
actuators trocar

Figure 8.1 Overview of robotic system for MRI-guided needle steering in liver interventions.
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needle to the target position, while MRI scans provide visual feedback about the target 
position and real-time FBG-based shape sensing provides spatial feedback about the 
needle tip position. Once the target has been reached, the patient is positioned outside of 
the scanner and the needle stylet is removed, leaving the outer needle at the target location 
to serve as a working channel for placement of dedicated interventional tools.

8.2.2 Steerable needle

The needle was designed according to the following three requirements: 
-- The needle has to be compatible with current instruments. A lumen with a diameter 

of at least 2 mm is required to provide space to these instruments;
-- 	MR-safety is required. The use of elongated conducting parts or ferromagnetic 

materials has to be avoided;
-- A steering angle (the angle between the direction of the tip and the neutral line of 

the needle) ranging between 0 and 10° in all directions is required. According to         
literature [9, 19, 20] and previous findings of the authors this should facilitate a 
deflection up to approximately 50% of the insertion depth.

Figure 8.2 presents a schematic view of the steerable needle. The needle can be divided 
in three parts in longitudinal direction: the proximal part; the passively flexible shaft; and 
the bendable tip with lengths of ca. 1000, 180, and 37 mm, respectively. The proximal part 
is completely situated in the guiding tube. Its function is to bridge the distance between 
the actuators and the trocar and to transmit needle insertion and actuation of the tip. The 
curvature of the passively flexible shaft is not controlled directly, but follows the direction 
of insertion introduced by the needle tip. Eight compliant hinges are integrated in the 
bendable tip to allow for the initiation of steering. The degree and direction of bending of 
the tip can be adjusted by pulling one or two of the steering cables that run through the 
wall of the needle and are attached to the distal end of the needle. 

The steerable needle consists of a working channel with an outer and inner diameter of 
3.2 and 2.0 mm, respectively and a cutting stylet with a diameter of 1.9 mm. The cutting 
stylet runs through the working channel and can be replaced by a therapeutic instrument 
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Figure 8.2 Overview of the needle with the actuated tip and its working principle.
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when the target has been reached. The cutting stylet consists of a PEEK tube, a flexible 
part made out of Teflon, and a titanium conical tip that are connected to each other by 
means of press fittings. Grooves of 0.30 mm are milled along the length of the cutting 
stylet in which the optic fibers for shape sensing are integrated. The working channel is a 
PEEK tube in which four grooves are milled in longitudinal direction to provide space for 
the Dyneema steering cables (Nanofil, Berkeley, USA). In addition, four pairs of radial 
grooves are milled in the distal part of the working channel to create hinges in the tip. The 
four pairs are oriented in 45° with respect to each other to allow for deflection of the tip 
in all directions. The working channel is covered with a PET shrinking tube (103-0302, 
Vention Medical – Advanced Polymers, USA).

8.2.3 Guiding tube and trocar

The function of the guiding tube is to support the needle part that bridges the distance 
between the actuator and the point of insertion. Sufficient stiffness is required to avoid 
buckling of the needle during insertion and to make sure that actuation of the steering 
cable only affects the steerable tip. At the same time, sufficient flexibility is required 
to allow for adjustment of the point of insertion and initial needle orientation and to 
compensate for breathing motions of the patient’s thorax. The function of the trocar is 
to provide a passage between the guiding tube and the patient and to fixate the point of 
insertion and initial orientation of the needle. Both the guiding tube and the trocar have 
to be MRI safe and biocompatible.

The guiding tube and the trocar are visualized in Figure 8.8. The 720 mm guiding tube 
is made out of POM and Teflon and has an inner and outer diameter of 4.0 and 10 
mm, respectively. The trocar consists of three main parts: the fixation unit, the orientation 
unit, and the trocar itself. The fixation unit is a Ø75x30 mm cylindrical block made of 
POM with a flange that can be attached to the abdomen by means of a large plaster. The 
cylindrical orientation unit provides a passage for the trocar and can be rotated in the 
fixation unit to adjust the orientation of the trocar. The trocar is a PEEK cannula that is 
inserted through the orientation unit after the abdominal wall has been punctured.

8.2.4 Shape sensing

FBG-based shape sensing is integrated in the needle to provide information about the 
position and orientation of the needle tip. Three fibers that contain multiple FBGs each 
need to be incorporated in a needle to allow for shape sensing. When the FBGs in the 
fibers are aligned with each other, strain is measured at three locations within one cross-
section. The degree and direction of bending can be reconstructed at this position based 
on these three strains. The shape of a device (e.g. the needle) can be reconstructed through 
interpolation of the strains and translation of the bending properties to spatial coordinates 
along the needle.
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Three optical fibers (HI-780 Specialty fiber, Corning Incorporated, Corning, USA) with 
six FBGs each are integrated in the cutting stylet of the current device (Figure 8.2). The 
most distal FBGs are positioned 7.0 mm away from the tip and serve as temperature 
sensors, because they are not glued to the cutting stylet and consequently experience no 
strain. The spacing in between the FBGs is 40 mm. The FBGs in the bendable tip are 
glued to the cutting stylet just before and just after the bendable tip, so that they register 
the mean bending of the bendable tip. The other FBGs are glued along the complete 
length of the flexible shaft and register local bending.

The FBGs in the optical fibers are aligned with each other to enable reconstruction of 
bending at the sensor locations and estimation of the shape of the complete needle. A 
schematic view of a cross section of the cutting stylet at the location of three FBGs is 
shown in Figure 8.3. The maximal strain (εmax), which represents the degree of bending, 
and the direction of bending (α) relative to Fiber A are implicitly defined by

	 εA = εmax cos(α)+ ε0					     (8.1)

	 εB = dB / dA εmax cos(βB+α)+ ε0				    (8.2)

	 εC = dC / dA εmax cos(βC+α)+ ε0				    (8.3)

where εA, εB, and εC are the strains measured by the FBGs in Fiber A, B, and C, respectively. 
The distances between the centerlines of the fibers and the cutting stylet are dA, dB, and dC 
and the orientations of Fiber B and C relative to Fiber A are βB and βC, respectively. The 
degree and direction of bending are interpolated and translated  to 3-D coordinates of 
the needle. The model for FBG-based shape sensing is further elaborated on in previous 
work [17].

The shape sensing cutting stylet was calibrated to evaluate the actual cross sectional 
geometry (dA, dB, dC, βB, and βC) of each trio of FBGs. The complete needle (i.e. cutting 
stylet and working channel) was subsequently placed in two different 3.0 mm grooves (one 
straight and one curved with a constant radius of 700 mm) and manually rotated around 
its longitudinal axis, while the output of the FBG was registered with an interrogator 
(Deminsys, Technobis, the Netherlands). The strain in each FBG in the curved groove 
was determined relative to the mean output of each FBG in the straight groove. Plotting 
the strains in two FBGs of one cross section results in an elliptical curve. The angulation 
of the ellipse corresponds to the orientation of the FBGs relative to each other. The 
horizontal and vertical extremes relate to the distances of the two FBGs to the centerline 
of the needle. The geometry per FBG trio is shown in Figure 8.4. Previous works [17, 18] 
describe the calibration method more extensively.
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Figure 8.3 Schematic view of the cross section of 
the cutting stylet. The maximal strain (εmax) due 
to bending at a distance dA from the centerline 
is determined based on strains measured by 
the FBGs. The direction of bending (α) and 
the orientations of Fiber B and C (βB and βC, 
respectively) are defined relative to FBG A.
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Figure 8.4 Calibrated positions of the FBGs. The 
FBGs in one cross section are shown in the same 
color.

8.2.5 Actuation unit

The actuation was designed according to two main requirements.
-- 	The actuators have to control three degrees of freedom: the insertion of the needle in 

z-direction and the deflection of the tip in x- and y-direction by pulling one or two of 
the four steering cables. The required insertion force, velocity and stroke in z-direction 
were estimated to be 20 N, 10 mm/s, and 250 mm, respectively. The corresponding 
required accuracy was estimated to be 354 μm (500/√2 μm). The required steering 
force, velocity and stroke for actuation of the needle tip in x- and y-direction were 
estimated to be 10 N per cable, 14 mm/s, and 14 mm, respectively. The corresponding 
required accuracy was estimated to be 20 μm.

-- 	The actuation unit, including the actuators, sensors, and supporting structures has to 
be compatible with the MRI environment. No significant distortions or artefacts in 
the MR images are allowed to be introduced by the presence of the actuation unit in 
or around the MRI scanner. No unsafe effects can be introduced by the MRI in the 
functioning of the actuation unit.

The materials applied in the actuation unit are selected based on the following experiment 
that aimed at verifying the distortion of MR images introduced by various materials. First 
a cylindrical phantom filled with 3L mineral oil was positioned in a head-coil for signal 
reception and inserted in the bore of a 7T MRI scanner (Achieva 7T whole body MRI, 
Philips Healthcare, the Netherlands). A 3-D scan with demanding settings (field-of-
view: 200x200x101 mm3; voxel size: 1 mm; echo time: 5 ms; repetition time: shortest; 
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read-out bandwidth: 1325.7 Hz; scan duration: 1 min 1s) was made for reference. Then 
three or four samples (Ø25x50mm) and a water bottle were attached to the cylindrical 
phantom. The samples were made out of Pertinax, PA, POM, PI, PEI, PSU, PPSU, 
PMMA, PTFE, PVC, PEEK, bearing bronze, brass, bronze, copper, aluminum 6082, 
titanium and stainless steel (304 and 316). This set-up was positioned in the scanner 
bore and imaged according to the previously described settings. Afterwards, the resulting 
MR images were compared to the reference images of the phantom. Figure 8.5 presents 
two examples: Figure 8.5a-b show the artefacts introduced by samples of Pertinax, POM, 
PTFE, and PVC in the horizontal images at 12 mm above the bottom; Figure 8.5c-d 
show the artefacts introduced by samples of bearing bronze, brass, bronze, and copper at 
10 mm above the bottom. Materials that did not disturb the image in the field-of-view 
and can consequently be applied include plastics except Pertinax and particular metals 
when used in small dimensions (copper, aluminum 6082 and stainless steel 316).

The actuator unit is presented in Figure 8.6. The actuator unit (410x180x125 mm) 
consists of three main units: the base unit; the steering unit; and the insertion unit. 
The POM base unit consists of a base plate with two linear guides with aluminum rails 
that guide the steering unit during insertion. The insertion unit is attached to the base 
unit and houses a piezoelectric actuator (HR-2, Nanomotion, Israel) with a capacitive 
rotary encoder (DS-25, Netzer, Israel) with a resolution of 0.011°. Rotation of the 
actuator introduces a forward or backward movement of the steering unit through a belt 
transmission. The steering unit contains four of the same piezoelectric actuators with 
four optical rotary encoders. Each of the steering cables is attached to one of the actuators 
so that each steering cable can be controlled individually through rotation of one of the 
actuators. All requirements regarding force, velocity and stroke were accomplished in this 
actuator unit, except for the insertion force and stroke which were measured to be 13 N 
and 200 mm, respectively.

The encoders are situated in a dedicated copper enclosure to suppress the disturbing 
RF-field. The rotary shaft and the optical fibers for signal output run through small 
copper pipes that serve as ‘waveguides beyond cut-off ’ to minimize the compromising 
effect of the passages. The electrical power supply is provided through a coaxial cable 
that enters the enclosure through a separate compartment with RF-and lowpass-filters.

phantom

PVC

PFTE POM

Pertinax
water

phantom

copper

bronze brass

bearing
bronze

water

a cb d

Figure 8.5 MR images of the phantom with material samples. Horizontal MR image at 12 mm (a) or         
10 mm (c) from the bottom of the set-up displayed in (b) and (d), respectively.
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Figure 8.6 Actuator unit with five actuators and encoders that control needle insertion and steering 
through four steering cables.

An experiment was executed to verify the influence of the MRI on the encoders. The 
complete actuator unit was switched on and placed in the bore of an MRI scanner. A scan 
was made according to the same settings as describe previously, while the output of the 
encoders was registered and stored for analysis afterwards. The maximal distortion on the 
output signal was 0.033°. This corresponds to 15 μm elongation of the steering cables, 
which results in an angular error of 1.0° at the steerable needle tip. In addition to this, 
preprogrammed motions of the actuators were executed while scanning. Visual inspection 
revealed no distortion of the actuator motions and the homing position after movement 
was always within the distortion of 0.033°.

8.2.6 Master device and control

The physician or operator interacts with a master device to remotely provide the steering 
commands which are processed by a control system that sends reference positions to 
the needle actuators. The haptic master device (OMEGA 3, Force Dimension, Nyon, 
Switzerland) has three translational degrees of freedom and a USB-interface. Figure 8.8 
depicts the device together with its strictly local coordinate system. At the initialization 
phase, the master device is set to its initial position. To facilitate the steering process, 
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Figure 8.7 Diagram of the control software for needle steering.
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a virtual spring is implemented around the zero position. The operator can move the 
device along the xm and ym-axis to control the actuators that drive the steering cables. The 
position of the master device is taken as a velocity command, which is used to compute the 
desired position of the actuators. Manipulation of the device along the zm-axis controls 
the insertion of the needle and is only effective when the knob in the handle is pushed in 
simultaneously. The zm-position is also interpreted as a velocity command in the control 
software.

The control software runs in a Linux PC under Ubuntu operating system. The software 
is developed in Matlab & Simulink and runs at a sample rate of 1024 Hz. The control 
software diagram is presented in Figure 8.7. The position vector of the master device 
p̅m=[xm , ym , zm ] is taken as a velocity command, which is integrated and scaled by the 
control software to compute the actuators reference vector r̅a. The hardware interface for 
the needle actuators has a build-in controller, which steers the needle actuators such that 
the desired r̅a is followed by the actuators position p̅a, which is coupled to the needle 
position p̅n=[θnx ,θny , zn ], where θnx and θny are the needles tip angles and zn represents the 
translation of the needle.

8.3 Experiment

The aim of the experiment was to demonstrate that the needle trajectory could be 
controlled using visual feedback about the needle shape based on FBG measurements. 
The set-up of the master-slave system during the experiment is presented in Figure 8.8. 
The needle was inserted and steered in a gel phantom (10% gelatin in 5L water in a                         
15x17x21 cm transparent box) to reach a 2 cm target. The operator manipulated the 
master device to insert and steer the needle towards the target without direct vision of the 
phantom and the target. Spatial information about the needle and target was provided to 
the operator on the navigation interface. In this interface, a virtual representation of the 
target was shown within a projection of an orthogonal 3-D coordinate system. The FBG-
based shape of the needle part that was inserted in the phantom was displayed relative 
to the target with an update-rate of 100 Hz. The z-axis of the 3-D coordinate system 
coincided with the initial direction of insertion and the x- and y-axes were oriented in 
horizontal and vertical direction, respectively. The two projections of the 3-D needle 
shape were displayed in two separate 2-D graphs that showed left-right and up-down 
motions of the needle, respectively. The position of the needle tip in the gelatin phantom 
was verified when the operator indicated that the virtual target in the navigation interface 
had been reached.
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The following steps were executed before the experiment was started.
-- 	Connecting the steerable needle to the actuators - The needle was placed in the guiding 

tube, the guiding tube was attached to the actuator unit, the actuators and the master 
device were activated, and the actuators were moved to their initial position. The 
steering cables were attached to the actuators in such way that manipulations of the 
master device corresponded to the steering directions at the needle tip. 

-- 	Calibrating the FBG-based shape sensing - The coordinate system of the FBG-
based shape sensing was aligned with the coordinate system of the steerable needle 
by rotating the FBG-coordinate system around the z-axis until a visual match was 
obtained. The wavelengths reflected by the unstrained FBGs were registered when the 
needle was straight to serve as a reference, based on which the strain in the FBGs could 
be determined during needle insertion.

-- 	Assembling the system on the phantom - The trocar was positioned on top of the 
gelatin phantom and the guiding tube was attached to the trocar. The needle was 
inserted through the trocar until the needle tip was just penetrating the phantom.

-- 	Measuring the position of the target - The position of the target in the phantom 
was determined relative to the point of insertion and orientation of the tube. The 
target position was [-17.5,-8.2,128.7 mm], which was implemented in the navigation 
interface.

In the experiment, the needle tip was advanced until it successfully reached the target. All 
navigation could be performed with the master-slave system, while guidance was provided 
solely based on FBG-based visualization of the needle shape and its tip position. During 
testing, it was observed that the stiffness of the guiding tube was insufficient to keep the 
proximal part of the needle straight, so that actuation of the needle tip resulted in a slight 
curvature along the entire length of the needle instead of the intended local deflection 
of the tip. In addition, occasionally slip occurred in the actuators and in the connection 
between the steering cables and the actuators, resulting in disturbances in the transfer of  
the input signal provided at the master device to the actual steering motion.
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device actuation

unit

guiding tubeneedle trocarinterface interrogator

Figure 8.8 Overview of the master-slave system.
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8.4 Discussion

Performing procedures in anatomical structures that cannot be reached with currently 
available instruments remains a major challenge in the field of interventional radiology. 
This study establishes the feasibility of master-slave systems to support needle steering 
in MRI guided percutaneous interventions. The proposed solution does not only serve 
to compensate for targeting errors caused by various sources such as needle deflection, 
tissue deformation, and target motion, but may also help in targeting areas that cannot be 
reached in a straight-line trajectory. To this end, a master-slave system was designed that is 
capable of driving a needle with an actuated tip. FBG-based strain sensing was integrated 
in the needle for accurate real-time shape reconstruction. The latter enabled visualization 
of the needle’s position for remote control. All components were designed such that the 
system is suitable for in an MRI environment. In a preclinical study, it was demonstrated 
that the needle could successfully be steered toward a target using the master input device, 
guided by a projection of the needle’s position relative to the target. 

To be accepted in clinical practice, master-slave systems need to fulfill many demands 
for the technology to have true added value. Cleary et al. [21] discuss the main technical 
challenges related to the user workflow, the compatibility with imaging techniques, and 
the registration of the needle position relative to the coordinate system of the image. 
The workflow of the current system is according to existing workflows for image-guided 
interventions. However, application of the current master-slave system requires less steps, 
because the iterative process of moving the patient in and out of the scanner is avoided. 
Moreover, the safety of the system is one of the first properties that needs to be satisfied. 
In medical applications, the stability and reliability of the control system for positioning 
the effector are critical elements of safety. In the case of percutaneous interventions, the 
needle path is highly influenced by the variability in the mechanical properties of the 
penetrated tissue. Therefore, control systems that directly monitor the needle’s position 
are essential to ensure the safety of the techniques.  

Several MRI-compatible needle placement systems for percutaneous procedures 
have been reported before, most of them specifically designed for prostate                                                   
interventions [22-27]. A major contribution of the current work is the development 
of a complete master-slave system for interventions in the liver or other organs in the 
abdominal or thoracic area. The system can operate safely in an MRI environment. This 
was accomplished by applying only MRI safe materials in the final design of the needle 
and the actuator unit. The actuator unit combines inserting the needle and cable-driven 
actuation of the steerable needle tip and consists of piezoelectric actuators with capacitive 
rotary encoders in copper enclosures to minimize their interaction with the MRI. 
Experiments in a 7T MRI scanner showed that the developed components did not affect 
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the image quality. So far, the MRI safety and robustness of this actuator unit was only 
evaluated in terms of distortion of the encoder. No heating tests, MRI quality assessment, 
or extensive failure analysis have been performed.

Needle steering has been suggested to enable accurate targeting. Several steering strategies 
and corresponding models for control have been suggested [1, 4, 5, 8-12]. Reed et al. [28] 
present a portable system for needle steering under fluoroscopy for thin (< 1 mm) needles 
with a pre-curved, beveled tip. Bernardes et al. [29] report on a closed-loop robotic system 
that steers a beveled needle based on intra-operative imaging feedback to (re) plan the 
needle trajectory. Burgner et al. [30] present a robotic system for needle steering in the 
brain based on the telescopic mechanism. The MRI-compatible robotic system described 
in [26, 27] enables control over the direction of the needle inside the tissue using the 
principle of bevel-tip steering. In our approach, steering is based on actuation of the 
needle tip. We developed a system that controls the direction of the needle by adjusting 
the orientation of the needle tip through a combination of compliant hinges and steering 
cables. To achieve sufficient axial and torsional stiffness, most of the needle was fabricated 
from PEEK. At the same time, elasticity of PEEK was sufficiently high to allow for 
sufficient bending at the tip. Another major benefit of this material is that it can easily 
be machined, which allows for introduction of the compliant hinges and the grooves that 
accommodate the steering cables and optical fibers. The Dyneema steering cables have 
sufficient stiffness and strength, but it was difficult to ensure equal pretension on the 
cables and some limitations were observed during testing of the robustness of actuation. 
When the guiding tube is curved, a slack is introduced in some of the steering cables. This 
reduces the responsiveness of the needle tip to the user’s steering actions. Additionally, slip 
between the wires and the pulleys of the actuators was observed during the experimental 
testing.

The possibility to integrate FBG-based shape sensing in the needle for active tracking 
of needles in MRI environments has been successfully applied before [15, 16]. FBGs 
are ideal for application in MRI, because of their insusceptibility to electromagnetic 
interference, biocompatibility and sterilizability, which  makes them inherently safe. 
Their ability to detect very small strains allows for highly accurate measurements of local 
deformations. Henken et al. [16] found an accuracy of less than 1 mm in the estimation 
of the needle tip position for single deflections of an 18G trocar needle, which seems 
sufficient for most existing applications. However, the need for calibration and robust 
alignment of the coordinate system of the sensors relative to the coordinates systems of 
the actuators, master device, and MRI scanner is still a challenge [17]. In the current study 
the coordinate system in which the needle operates was only visually aligned with the 
coordinate system in which the reconstructed shape was projected. The alignment needs 
to be improved before accuracy and reproducibility of the system can be quantified.
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Master-slave systems allow for various user interfaces, but the most suitable and intuitive 
interface for an interventional robot has yet to be determined. For the current experiment, 
a commercially available master device was used that offers three active translations. The 
position of the master device’s handle was taken as a velocity command to drive the needle. 
Alternatively, a position signal could have been used as the workspace of the master device 
is sufficiently large to accommodate the full needle trajectory. The exact choice of interface 
may influence the required operator training and corresponding learning curve as well as 
the physicians dexterity in the most complex and stressful situations [31]. From the safety 
perspective, it is preferred to keep the physician firmly in control, because the current 
master-slave systems do not offer bilateral control that is sufficiently robust to ensure safe 
use in medical applications. In the current study, shape sensing was only used to visualize 
the needle, while the user was in full control over the needle path. In the future, FBG-
based shape sensing could be used to control the needle tip via a feedback loop as indicated 
in Figure 8.7. Optimization of the system is needed to avoid undesired movement of the 
needle introduced by signal noise and inaccuracies in order to guarantee safety. However, 
despite the possible advances of such automation, it may be desirable to keep a human 
operator in the loop that can mediate the uncertainties in the environment and manage 
the complexities of the procedures.

8.5 Conclusion

This paper presents a novel concept for an MRI-compatible master-slave system for 
percutaneous interventions. It introduces a novel needle steering approach based on active 
control of the needle tip together with a visual feedback concept based on FBG-based 
needle shape reconstruction. A basic preclinical test in a gelatin phantom showed that our 
system could become a valuable tool for the performance of percutaneous procedures in 
difficult to reach anatomical structures. 
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Various percutaneous therapies for liver cancer have been introduced over the past few 
decades, including ablation and brachytherapy. In these therapies, a needle is used to 
administer the therapy locally at the target site. Accurate positioning of the needle is 
crucial in these procedures in order to maximize the effect of the treatment and minimize 
the damage to the surrounding tissue. Accurate needle positioning can be impaired by 
unintended needle deflections initiated by the interaction between the needle and the 
tissue that it encounters during insertion. The straight and rigid needles that are currently 
utilized in clinical practice do not allow for adjustment of the trajectory once the needle 
has entered the tissue. Consequently, accurate targeting can be challenging to the physician 
and reinsertion of the needle is commonly required.

A second challenge in percutaneous needle interventions is the visualization of the target 
and the needle during insertion. Currently, US or CT are most commonly used for 
visualization. Yet, US provides only limited spatial resolution and CT carries the risks of 
ionizing radiation. MRI has been suggested to be superior in these interventions because 
of its high contrast in soft tissue, flexibility in selection of the position and orientation of 
the imaging planes or volumes, and absence of ionizing radiation. Still, it is rarely applied 
in clinical practice for guidance of percutaneous needle interventions, for fast imaging 
sequences with appropriate resolution and field-of-view as well as MRI-compatible 
instruments are scarcely available.

The work presented in this thesis focused on the development of  ‘smart needles’ that aim 
at improving the needles that are used for MRI-guided percutaneous interventions in the 
liver by utilizing dexterous navigation and visual guidance during insertion to allow for 
accurate targeting. The major goals were: (I) to add steerability to needles for MRI-guided 
interventions; (II) to enable tracking by incorporating FBG technology in the needles; 
and (III) to integrate steerability and FBG-based needle tracking in a robotic device. The 
current chapter reflects on the approach that was taken, the challenges that needed to be 
overcome to reach these goals, and the results that were obtained so far. This chapter also 
provides an outlook to further developments and future research.

9.1 Needle steerability

Three main steering mechanisms were previously proposed in literature: base manipulation; 
telescopic mechanisms; and asymmetric needles. The steering concept presented in this 
thesis builds on the steering method that uses the inherent steering induced by asymmetric 
tips. The needles utilized in this steering method had either a bevel tip or a pre-curved tip. 
The degree and direction of steering can only be adjusted by rotating the needle. The new 
concept enables actuating the needle tip in order to control the degree of the asymmetry 
and its orientation, so that rotation is no longer required. This allows for more intuitive 
control of the needle compared to previously suggested steering methods. Besides this, the 
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current concept, in contrast to the other steering mechanisms, does not require extensive a 
priori planning of the needle trajectory and complex control strategies. The main challenge 
in designing this concept was to combine axial rigidity, required to avoid buckling, with 
radial flexibility, required to allow for the adjustment of the curvature and the orientation 
of the tip. In addition, we aimed to integrate the steering mechanism in a needle that is 
compatible with MRI and to develop a handle that allows for intuitive manual control.

Two prototypes of MRI-compatible, steerable needles were realized. Axial rigidity and 
radial flexibility were combined in a cable-hinge mechanism that was first presented in 
Chapter 2 Several techniques were considered for manufacturing of the hinges, including 
laser cutting and rapid prototyping. This first prototype was used to gain insight in the 
range of curvatures and tip angles that are required for needle steering in tissue. The 
cable-hinge mechanism was simplified through the introduction of compliant hinges in 
the second prototype (Chapter 3), which dramatically reduced the number of parts and 
confined the manufacturing process to conventional techniques. This second prototype 
contains a handle for manual control and allows to introduce the required steering angles 
that were identified with the first prototype. The materials used in this prototype were 
carefully selected for MRI-compatibility. The performance of this second prototype was 
demonstrated in an MRI-guided procedure in which multiple locations in a gel model 
were successfully targeted.

The work on needle steering mechanisms presented in this thesis demonstrates the 
feasibility of actively controlling the needle trajectory during insertion and obtaining high 
targeting accuracy. The challenge that remains is to further develop the design into an 
instrument that is ready for implementation in clinical practice. The steering mechanism 
should be integrated with the therapeutic function (e.g. ablation). The interaction 
between the steering mechanism, the therapeutic function, and the MRI environment in 
the application of such a combined device should be investigated. Because of the utmost 
importance of instrument safety, it might be desirable to further reduce the number of 
individual parts in the needle (the cables, the shrinking tube, the tip, and many more). 
Finally, the value of this new needle for clinical practice has to be demonstrated to both 
physicians and managers.

9.2 FBG-based needle tracking

Accurate targeting requires intra-procedural information about the needle tip position. 
Currently, such information is typically retrieved from the intra-procedural MR-images 
through the integration of passive or active trackers. The number of active trackers that 
can be integrated in a needle is limited by the signal conduits required for each tracker. 
This is not the case in passive trackers, but these only provide visualization of the needle 
rather than quantification of its position and orientation. The update rate of both active 
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and passive trackers depends on the imaging frequency, which can be increased at the cost 
of field of view or spatial resolution. In this work, spatial information about the needle was 
acquired by utilizing FBG technology. Multiple FBGs can be incorporated in small devices 
like medical needles, because a single optical fiber with a typical diameter of 250 μm is able 
to carry multiple FBGs and to serve as conduit for its output signal at the same time. In 
addition, FBGs can be read-out at frequencies up to 20 kHz without compromising the 
field of view or resolution and allow for accurate quantification of the needle shape and 
the tip position.

We expected that FBG-based sensing could be operationalized quickly, yet significant 
work was required. Accurate positioning of the FBGs within the fibers was found to 
be difficult and assembling the sensors in a needle was challenging because of the small 
size of the optical fibers and the needle, the brittleness of the glass, and the difficulties 
that accompany a gluing process. Besides this, an appropriate configuration of the FBGs 
(number of sensors and their positioning and spacing), a model for estimating the shape 
of a needle based on the FBG outputs, and a method for calibration of the FBGs had to 
be defined.

Despite the challenges mentioned above, three prototypes for shape sensing and one 
prototype for force sensing were realized and evaluated. Initial insights regarding 
assembling optical fibers in a medical needle, defining a model for FBG-based shape 
sensing, and 2-D accuracy of shape sensing were discussed in Chapter 4. It was expected 
that a higher accuracy was feasible by increasing the number of FBGs, optimizing the 
shape sensing model and the positioning of the FBGs, and applying calibration to find 
the true geometry of the FBGs. These expectations were verified in Chapter 5 where 
the separate and combined effect of these factors on the accuracy and the hierarchy of 
error sources were presented. This study also provided insight in the factors that need 
to be considered when designing an FBG-based shape sensor, including the shapes that 
are expected to occur, the length of the instrument, and the accuracy that is required 
by the application. Based on the previous findings, a third prototype with an optimized 
model for shape sensing was prepared (see Chapter 6). The performance of this prototype 
was evaluated in a clinical setting by quantifying the 3-D accuracy based on CT images. 
Finally, a force sensing needle was manufactured and evaluated (Chapter 7). This research 
provided knowledge about the challenges in measuring forces with an FBG and the 
accuracy that is required to be relevant for the detection of tissue types.

Currently we are investigating the feasibility of producing autonomous shape sensors 
for general use in medical instruments. In Chapter 5 a shape sensor consisting of three 
optical fibers that are glued directly to each other was discussed. Insufficient torsional 
stiffness in combination with the cross sectional asymmetry of this sensor resulted in 
limited accuracy. Four other concepts are currently being evaluated. The first concept 
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consists of three optical fibers that are integrated in a PVC rod with a diameter of 1 
mm. This shape sensor is designed to be compatible with MRI and is suitable for flexible 
instruments with a lumen of at least 1 mm. The second concept is a triplet of three 
miniature fibers (Ø105 μm) that have circular cross sections of approximately 0.3 mm 
diameter. The potential success of this sensor is determined by its torsional stiffness, 
which depends on the quality of the glue between the fibers. The bending radii that can 
theoretically be measured with this sensor approximately range from 5 m to 15 mm, 
making it more suitable for application in highly flexible instruments, such as catheters. In 
the third concept, the shape sensor is a single fiber with multiple cores that each contain 
independent FBGs. Such a shape sensor would enable detecting bending radii of even less 
than 5 mm. In the fourth and final concept, glass fibers are replaced by plastic fibers that 
have a higher fracture strain. A sensor of plastic fibers can be subjected to smaller bending 
radii and would be more robust.

The small size of FBGs and the absence of electronics can be advantageous in demanding 
environments. The work presented in this thesis provides a framework for designing 
FBG-based sensors, but still each sensor needs to be designed according to the specific 
requirements of the application. Limitations of FBGs that have to be considered include 
the following. Firstly, glass fibers are brittle and therefore vulnerable, which introduces 
the need for the glass fibers to be handled with utmost care during production, assembly, 
calibration, and practical use. When the application requires robustness, which is the case 
in medical applications, strain on the fibers should be bounded to make sure that the 
sensing system does not fail during use. Alternatively, a possibility to replace the sensing 
system during use could be incorporated. A second limitation is the cross-sensitivity of 
FBGs to temperature. Small changes in the temperature of the environment of the sensor 
affect the output of the FBG (see Chapter 7), which hampers the accuracy of absolute 
strain measurements with a single FBG. In applications that require stable, accurate, 
and absolute strain measurements (e.g. in force sensing), compensation for temperature 
differences has to be incorporated. A third limitation results from the effect of the 
components or structures that surround the FBG. For example, significant effects of the 
PVC jacket around the FBG were observed in the force sensing needle. These limitations 
indicate that each FBG-based sensor needs to be designed and produced meticulously. 
Unfortunately, no accurate off-the-shelve solutions are available yet.

9.3 Integration of steerability and tracking

The last goal of this thesis was to integrate steerability and FBG-based tracking in a needle 
for MRI-guided interventions. The confined space in the bore of an MRI-scanner calls for 
remote control of the needle. This could either be realized through the development of a 
steering mechanism that is able to bridge the distance, a master-slave system, a computer-
controlled robot, or a combination of these options. The accomplishment of the work 
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presented in this thesis is the realization of an MRI-compatible master-slave system for 
fully actuated needle steering with FBG-based tracking. To the best of our knowledge, 
this is the first study to demonstrate integration of FBG-based needle tracking into an 
MRI-compatible system.

The design and evaluation of the steerable needle with FBGs, the actuators, and the 
control of the system was presented in Chapter 8, together with an initial demonstration 
of the function of the integrated system. Since the system was intended for use in MRI-
guided interventions, all parts had to be designed to be compatible with the magnetic field 
and radiofrequency pulses of the MRI. Basically no ferromagnetic materials or elongated 
conductors -and consequently no electromagnetic motors- could be applied in the system, 
which limited the material choices to different materials (e.g. PEEK) and working 
principles (e.g. piezoelectric motors) than conventionally used in clinical practice. Besides 
that, the aim was to develop a system that improves the accuracy of the intervention without 
complicating the process. Reliability of the system, ease of integration of disposable and 
reusable parts, clarity of the visual interface, and intuitive control of the master device or 
manipulator were key factors in achieving this aim.

The function of the master-slave system presented in this thesis has been demonstrated 
in vitro. The next step would be to test the system in an in vitro MRI-guided procedure, 
much like the experiments with the manually steerable needle presented in Chapter 3. 
The aim of such an experiment would be to demonstrate the function of the system and to 
evaluate the compatibility of the system as a whole with MRI. After that, two development 
tracts are of interest. The first tract would consist of registering the needle shape obtained 
through FBG-based sensing on the MR images, which would provide visual feedback to 
the physician. A secondary goal of such integration could be to develop imaging sequences 
that use the spatial information (e.g. position and orientation) obtained with the FBGs 
for selecting the field of view and the orientation of the imaging planes to maximize the 
update rate of the MRI without compromising the accuracy of the images. The second 
tract would consist of extending the current master-slave system to a robotic system 
with hybrid control in which the manipulations of the physician are complemented by 
computer-based manipulations. When these steps are finished successfully, the system 
should be optimized for clinical use and in vitro and in vivo testing can be initiated.

The master-slave system presented in this thesis demonstrates the technical feasibility of 
integrating steerability and FBG-based tracking in a needle for MRI-guided interventions. 
The added value of such a system has to be presented convincingly in order for the system 
to be widely adopted by patients, physicians, and managers. The added value exists of 
increased accuracy of treatments, improved patient outcomes and reduced treatment 
times. Technical malfunction and difficulty of use (i.e. incompatibility with current 
processes, complicated preparations, unclear interfaces) will hamper the success of such a 
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system. Elaborate optimization and extensive testing will be required to tailor the system 
to suit the needs of specific applications in clinical practice.

9.4 Recent developments: a manual system with tracking

In concurrence with the realization of this thesis, a new project that aims at the integration 
of steerability and tracking in a needle for application in clinical practice was launched. In 
this project, the needle is controlled manually, which builds upon the findings with the 
manually steerable needle presented in Chapter 3. The idea behind this project is that 
physicians prefer manual control of the needle whenever possible, which is the case in 
interventions executed in an open-bore MRI or interventions that are guided by means 
of ultrasound. A combination of steerability and visualization of the needle shape is 
advantageous, because such a needle can be actively controlled based on clear real-time 
information about the needle shape.

We developed a third manually steerable needle (Figure 9.1) in which the number of 
hinges is adjusted to allow for a larger tip angle and to increase tip curvature smoothness 
compared to the previous prototype. The handle of the needle was adapted to match 
the increased maximum tip angle and to reduce the number of parts. Further testing 
with this prototype is necessary for several reasons. Firstly, the performance of steering 
should be assessed in (animal) tissue to validate the effectiveness of the mechanism in 
tough and inhomogeneous tissue. Secondly, usability testing is required to assess if the 
working principle, the design and the control interface are in line with the experience 
and expectations of the user. Thirdly, the current clinical process should be studied to 
obtain the full set of boundary conditions and requirements that would lead to successful 
integration of the new needle in clinical practice.

The approach in this project is to combine the manually steerable needle with the shape 
sensor consisting of three optical fibers that are integrated in a PVC rod (Figure 9.2). 
The initial focus will be on the integration of shape sensing with ultrasound images, 
but integration with MRI may be implemented in a later stage. Adding FBG-based 
visualization of the needle shape to ultrasound images may be beneficial, because the 
majority of the ultrasound systems that are currently used in clinical practice provide 
2-D images with limited spatial resolution. A major challenge will be to align the spatial 
information based on the FBG measurements with ultrasound images and to create a 
visual interface that is easily interpreted by physicians. When the technical function of the 
steerable needle with shape sensing and the visual interface have both been validated, in 
vivo experiments in living animals or cadavers can be conducted to demonstrate the added 
value of a steerable needle with integrated shape sensing. The manually controlled system 
may be fit for application in clinical practice on a shorter term than the robotic system.
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Figure 9.1 Latest prototype of steerable needle.

PVC rodoptical fiber

Figure 9.2 Shape sensor consisting of a PVC rod with three optical fibers.
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9.5 Conclusion

The aim of this thesis was to develop ‘smart needles’ by improving the needles that are used 
for percutaneous interventions in the liver. The goals and corresponding achievements 
were the following.

I.	 The first goal was to develop steerable needles that are compatible with MRI. A 
concept of needle steering was developed, which was implemented and optimized 
in three prototypes. The prototypes were technically evaluated and an initial step 
towards clinical practice was taken by evaluating the second prototype in a clinical 
environment.

II.	 The second goal was to develop sensorized needles for spatial tracking and tissue 
characterization. A methodology for shape sensing based on FBG measurements 
was identified. The appropriateness of this method was assessed by means of an error 
analysis and the technical evaluation of multiple prototypes. The third prototype was 
evaluated in CT to illustrate the function in clinical practice. A first step towards 
tissue characterization was taken through the development of a FBG-based force 
sensing needle.

III.	 The third goal was to integrate steerability and sensors in a robotic needle insertion 
system. A master slave system for MRI-guided percutaneous needle insertions was 
developed and demonstrated.

The work presented in this thesis provides a framework for practical implementation of 
steerability and FBG-based shape sensing in needles that are controlled either manually 
or robotically. The main contribution of this work is the technological advancement of 
needles for percutaneous interventions. Future work should aim at the translation of 
these developments to clinically relevant devices as well as at integration of the devices 
in the clinical workflow. Development of practicable instruments and methods is vital 
for successful implementation in clinical practice. The work presented in this thesis will 
aid in achieving spot-on targeting and optimal therapeutic results in percutaneous liver 
interventions in the future.
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