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Evyoaprotieg

H mopovoa dwatpiny ekmovinke oto Epyaoctiplo latpikng dvowknie g latpkng
YyxoMc tov EBvikov kot Kamodiotprokod Ilavemotnuiov ABnvav. Kab’ 6in
dupkela ekTOVNONG TG Elya TNV gvKapio Kot Tnv THYN VO YVOPIoHm KoL VO GUVEPYOUCTM
e mMOAAOVG ovOp®TOVG, M CLUPBOAN KOt 1 CLUTOPACTOCT TV OMOi®V TOGO OF
EMGTNUOVIKO OGO KOl G TPOCOTIKO enimedo NTav Kabopiotikés. Mov etvor mAéov

EexdBopo OTL og avTO TO Ta&idL OTEKTNGO PEV YVDOON, GALL ATEKTNOA KOl GIAOVG. ..

Ynd avtd 10 mpiopa, evyapiotd OBeppd tov Kabnynm k. Evdyyeho Tewpyiov,
AevBouvt Tov Epyactnpiov latpikig uvoiknig kot kbpro emPAEnovta g dtatppng, o
omo{0g GLVEPOAE ATOPAGIOTIKA GTNV TPOCTAOELD OV Y10 OAOKANPOGT TNG TOPOVCOG
dTp1Png Kot eEac@AAcE Eva APTIO Kot ONpovpykd meptPdiiov, avaykaio cuvOnkn

YOl TNV EMLTLYT OAOKANPMOOT) LLOG EPEVVNTIKTG TPOSTAOELOS.

Mia dwaitepn kot ek fabémg gvyapiotio opeilm otov Kabnynt k. Iavtedn Kapaicko
1660 Yo TV avdbeon Tov BEPATOC Kot TNV EUMIGTOCVVT OV £0€1EE 6TO TPOSOTH OV
oo TV TPATY KOS OTLYUT, OGO Kot T LoV koo ynon mov Hov TPocEpepe. Agv
OTOTEAECE AMAMDG TNV EMGTNIOVIKT TVEIDO TOV TAVTO GUUPOVAEVOLOVV, AALY avELOPE

K0l 6T0 aKEPALo TNV vBvvn g xapaing, enifreyng Kot kabodnynong oty eKkmoévnon

g dwtpPng avTg.

Ba6id evyvopocvvn Ba nfeka va exppdon kot otov Kabnynm tov Anpoxpiteiov
[Mavemompuiov Opakng, k. lodvvn Zeipévn kol va tov guyaplotion Oepud yio
ovvey kaBodnynomn Tov, TV AYOYN GLVEPYACTH LLOG KOl TV OUEPIGTT] CUUTAPACTOCT

Kot forfeta TOL Hov TPOGEPEPE, KABMG KoL TI TOAD EVOLOPEPOVGES GLENTNOELS LLOG.

‘Eva moAd peyddo kor ethikpvég gvyapiot®d o Beha emiong va ekepic® mTpog To
«TETOPTO PEA TNG TPILEAOVG eMTPOTNG Hov, Avaninpwt) Kadnynm k. [Tavayunn
[Momayugvvn ko Exikovpo Kabnynt k. Evdyysho [TavteAr. H evBdppovon, n cuopfoin
TOVG KOl 1| EMICTNUOVIKY] TOVG OPTIOTNTO GUVEPOAAY TO HEYIOTO GTNV EKTOVIOT| TNG

napovoag owrpPng. EmmAéov, m  xabnuepwn pog  aAAniemidopoomn amédwoe



EMIGTNUOVIKOVG KAPTOVG Ol OT0{01 0EV EVTACCOVTIOL LOVO GTO TANICLO TNG TOPOVCOG

€PYNCiNG, KOTL Y10 TO OTTO10 €l OUTAL EVYVOUM®V.

Evyapioted Oeppd tov Emikovpo Kabnynt| k. Kovotaviivo Aovkd yio ) Swopkn
vrootNPIEN TOV, TIG ¥PNOIUES CLINTACELS MG Kol TNV Gyoyn GLVEPYNSIO oG OTN

OLIPKELD OADY OVTOV TOV ETMV.

Evyapioto Oepud, emnione, tov Enikovpo Kabnynt k. Baciieto KovtovAion yia tnv
amod0YN TNS GLUUETOYNG TOV GTNV KPIioT TNG EPYOCING LLOV Kol TO ¥POVO TOV OPLEPMCE

070 oKOTO 0WTO.

H mopapida giye ta mo yepd Oepéha! Eiya tnv tHm va yvopicom kol vo cuvepyactd
LE VTOYNOLOVG OOAKTOPES Kot HETAOOAKTOPEG OV EPaAay avelitnia T cepayida
TOVG OTNV TPOSTADELD EKTOVIONG TNG EPYACIAG OLTNG OAAG Kot 0T SLOUOPP®GCT) TOV
Tpomov okéyng pov. Ewdwodtepa, Bo nbela va evyapiotiom tov Ap Apydpm
Mov1t6dtoo (YvooTd Kot og «HEVTOPA LLov») TOCO Yo, T PhNoTn Hov 6to Bépa 660 Kot
TNV EMGTNUOVIKY] TOL KaBodNynom kol VTOUOVH] TOL GT0 TPAOTA PrjHate g
npoonabeldc pov. Evyapiotd emiong ™ Ap Baocthkn [Ténma (Yvoot Kot ¢ «dtmAovn
LLOVY») Y10l TIG KUPLOAEKTIKA Y1IAMAdES MPEC GLINTNCEWV, TIC TOADTIUEG GUUPBOVALG Kot
10éeg G, KaBDS Kat TV Ayoyn moAv-eminedn cuvepyacio pog. Oesiim akdun va
evyapomow tovg Ap KuBéin Zovpdpn, Ap Booiln Aayava kot Ap Aovkd
[Tetpokdkkivo vy ™ Olopkn cvumapdactacn Kot evBappuven tovg, Kabdg Kot Tig
ToAVTIHES GVUPBOVAEG TovG. TEAOG, £va 1d1aiTEPO EVYOPIOTM GTOV LIOYNPLO FOAKTOPO.
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Abstract

Magnetic Resonance Imaging (MRI) is widely used in advanced radiotherapy
applications and, especially, in stereotactic radiosurgery (SRS) treatment planning for
intracranial applications. This is justified by the superior soft tissue contrast it exhibits
as compared to Computed Tomography (CT) and its multi-contrast capability, which
result in better tumor delineation and characterization. Especially for brain lesions, MRI
has been established as the imaging modality of choice for both target and normal tissue
delineation. This choice, however, comes at the expense of geometric accuracy since it

is well known that MR images are geometrically distorted.

Following an analysis of the underlying theoretical background, in the second part of
this thesis an evaluation of the MR-related geometric distortions is performed. To this
end, a prototype phantom was designed and constructed to facilitate distortion
characterization for the MR pulse sequences and imaging parameters clinically
employed in SRS treatment planning, in MRI-based or MRI-only protocols. The
phantom incorporates 947 Control Points (CPs) and was designed to accurately fitin a
typical head coil, as well as the Leksell stereotactic frame, used for patient
immobilization in SRS applications. System-related distortions were characterized both
with and without the presence of the frame. In the absence of the frame and following
compensation for field inhomogeneities, measured average CP displacement owing to
gradient nonlinearities was 0.53 mm. In presence of the frame, contrarily, detected
distortion was greatly increased (up to about 5 mm) in the vicinity of the frame base
due to eddy currents induced in the closed loop of its aluminum material. Although the
region with the maximum observed distortion may not lie within the SRS treatable
volume, frame-related distortion was obliterated at approximately 90 mm from the
frame base. Severe distortions observed outside the treatable volume could possibly
impinge on the delivery accuracy mainly by adversely affecting the registration process
(e.g., the position of the lower part of the N-shaped fiducials used to define the
stereotactic space may be miss-registered). System-related distortion was also
identified in patient MR images. Using corresponding CT angiography images as a
reference, an offset of 1.1 mm was detected for two vessels lying in close proximity to
the frame base, while excellent spatial agreement was observed for a vessel far apart
from the frame base.
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The same phantom was scanned at 1.5 and 3.0T and using three clinical MR imaging
protocols for SRS treatment planning. Bo inhomogeneity and gradient nonlinearity
related geometric distortions were assessed in this study. Areas of increased distortion
were identified at the edges of the imaged volume which was comparable to a brain
scan. Although mean absolute distortion did not exceed 0.5 mm on any spatial axis,

maximum detected CP displacement reached 2 mm.

Furthermore, the phantom was modified to incorporate two cylindrical inserts,
simulating small brain metastases. The inserts were filled with various concentrations
(0-20 mM) of Gd-DTPA (commonly administered in cranial SRS) in order to
characterize contrast agent induced distortion. The reversed read gradient polarity was
combined with the field mapping technique to distinguish between sources of distortion.
Contrast agent was found to significantly affect insert position, with the centroid offset
reaching on average 0.067 mm/mM (0.204 ppm/mM). Following Gd-DTPA
administration, patient MR images involving a total of 10 brain metastases/targets were
also studied using a similar methodology. Total target localization uncertainty was on
average 0.54 mm (2.24 ppm) with the Gd-DTPA induced distortion being of the order
of 0.5 mm for the MRI protocol used, in agreement with the phantom study.

In an effort to establish what could be considered as acceptable geometric uncertainty,
highly conformal plans were utilized to simulate irradiation of targets of different
diameters (5 to 50 mm). The targets were deliberately mispositioned by 0.5 up to 3 mm.
Dose Volume Histograms (DVHs) and plan quality indices clinically used for plan
evaluation and acceptance were derived and used to investigate the effect of
geometrical uncertainty (distortion) on dose delivery accuracy and plan quality. The
latter was found to be strongly dependent on target size. For targets less than 20 mm in
diameter, a spatial displacement of the order of 1 mm could significantly affect (>5%)
plan acceptance/quality indices. For targets with diameter greater than 2 cm the
corresponding displacement was found greater than 1.5 mm.

In the last part of this thesis, distortion correction schemes were developed and/or
evaluated. In specific, the efficacy of vendor-supplied distortion correction algorithms
(accounting for gradient nonlinearity only) was initially assessed for a variety of
scanners, following development of an advanced version of the prototype phantom for
high-resolution distortion detection, incorporating nearly 2000 CPs. Moreover, the

14



novel average-image distortion correction methodology was developed and evaluated
in both phantom and patient studies. The proposed technique is based on read gradient
polarity reversal and, therefore, requires two MR scans. In specific, a new image is
created after averaging the signal intensities of corresponding forward and reversed
polarity images, on a pixel-by-pixel basis. The method was found efficient for sequence
dependent distortion minimization. Furthermore, a comparison study was also
conducted involving the more well-established signal integration method. All necessary
custom routines were developed in-house. Both distortion correction techniques
perform equally well, minimizing the mean and median residual distortions. However,
the signal integration method requires a few hours of post-imaging computational time

while the average-image method is simple and efficient.
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Hepiinynm

H Amewkévion Mayvnrikov Zvvioviopod (AMX) ypnotpomoteitor gupotate GTIg
OVYYPOVEG OKTIVODEPUTEVTIKEG EQAPUOYEG KOL 1010ITEPA OTO OYEOIACUO TAAVOL
Oepameioc o1 XTEPEOTAKTIKN AKTIVOYXEPOVPYIKT (XA) Yoo evookpaviakeg Oepameiec.
H emdoyn avt dwkaroroyeitor omd v efaipetikn ovtifeon HoAAKOD 1GTOV TOV
npoocpépel 1 AME og oyéon pe v Ynoroyiotiki Topoypagio (YT) kabdg eniong kou
v eveMéia oty avtiBeon ewovag. ‘Etot, pe m Ponbeta eiwdvov AME emtuyydveron
KOADTEPT) TTEPLYPOPT KO YOPOUKTNPICUOS TOL OYKOV-0TOY0L. E1dikotepa yia Oepameieg
EYKEPOUAMKAOV UETACTACEWDV Kot dAL®V BAaPdv, 1 AME anoteAel TV Tp®OTN €MA0YN
OMEIKOVIOTIKNG TEYVIKNG TOGO Y10 TOV OYKO-GTOY0 0G0 Kol TOVG VYIEIS 10TOVG. AL N
eMAOYN OPOC EpyeTal 6 PAPOG TNG YEMUETPIKNG akpifelag kabdg elvat vpémg yvmaoTo

0Tl 01 eIkOVEG AME 0EPOVV YEMUETPIKT TOPAUOPPOCT).

Metd and pio svvroun mapdbeomn tov oyetkod Bempntucod vroBdOpov, oto devTepPO
Hépog G mopovoag epyociog Olevepyndnke aflohdynomn ToV  YEOUETPIKAOV
TOPALOPPDCEMY TOL GYETICOVTOL PE TIG 1kOVEG AME. ' T0 6KOTd 0V TO, GYESAGTIKE
KO KOTOGKEVAGTIKE £VaL E01KO OLOTMLOL Y10 TOV YOPUKTNPIGUO TOVG Kol EPUPUOCTNKE
o€ akoAovBies kot TapapéTpovg ametkdvions AME mov xpnGLoTolovVToL KAVIKE KOTd
10 oyedopd mAGvov Bepaneiog oty LA, cOpPve pe TPpwTdKoALo Bepameiog mov
Bacilovtar gite oty AMZ povo, eite emkovpikd. To opoiopo @épet 947 onueia
eréyyov (XE) kot oyedidotnke dote vo givol cuuPatd pe 1o Tvio KeQoAng kabmg Kot
10 Leksell otepeotoktid mAaiclo mov ¥PNOYOTOIEITAL Y0 THV OKLVNTOTOINGT| TOV
acfevolg Kol TOV OPIGUO TOL GTEPEOTOKTIKOD YDpov oe gpappoyés ZA. Ot
TOPALOPPMCELS OV EMAYovVTOLl od TO cVoTNUA aSloAoynOnkav pe kot yopig v
TOPOVGIO TOV GTEPEOTOKTIKOV TANIGIOV. METh amd amaAolpn T®V TAPAUOPPDCEDY
oV GYeTICOVTAL LLE TI OVOLLOIOYEVELEG TOV GTATIKOV HAYVNTIKOL Ttediov, amovsio Tov
OTEPEOTUKTIKOV TAOLGIOL 1 LETPOVUEVT] LECT] TAPOUOPOMOT) IOV GYETICETAL [UE TN UN-
ypoppkoétnTo TV Pabudntdv mediov Nrav 0.53 mm. AvrtiBeto, mapovcio tov
mAaieiov, aviyvevnke avénon g mapapdpemong ovtig (uéxpt kar 5 mm) otnv
TEPLOYN YOP® amtd T fAcn Tov TAUIGI0V, AOY® TV SEWVOPEVUAT®V TOV EXAYOVTOL GTOV
KAE1GTO NG PpoOYY0 omd ahovpivio. Av kot 1 TEPLOYN UEYIOTNG TOPAUOPPOONG dEV
Bpioketar evtdg tov OyKov mov pmopel va axtivofoAnfel pe XA, n ev Adyow

Tapapdpemon eEoieipeton o andotacn mepimov 90 mm and 1 Pdom tov TAMGiov.
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Ot évtoveg TOPAUOPPOGCEIS TOV TTOPOTNPNONKOV EKTOC TOL OYKOL 7OV dVvOTOL VO
axtivoPoAndei, uropel dpme va vropaduicovy v akpifeto okTvoBOANONC LEG® TOV
EMNPEACUOD NG YOPIKNG evBuypappiong (.., 1 0€on Tov KOTOTEPOL HEPOVG TOL
€101KoL onpadlov oynuatog N mov opilel ToV GTEPEOTAKTIKO YMDPO UTOPEl va eivan
YOPIKA 6TPEPAOUEVO). O1 TAPALOPPDCELS TOL GYETILOVTOL [LE TO GVOTN O ATEIKOVIONG
aviyvevdnkav kai o€ elkoveg aoBevoig. Xpnoorolmviog ayysoypoapio YT wg ewova
avagopds Tov acbevole, o amdkion 1.1 mm evromiotnke oe VO ayyesio. mTOL
Bpiokovion oe pukp| amdctoon ond tn Pdon Tov TAosiov, eved eEOPETIKY YWPIKN

ocvpeovia elxe £va dALO ayyelo EVPIOKOUEVO GE LEYAAT OMOGTACT) OO CQLTN V.

To 1610 opoiopa ansikoviotnke og 1.5 kot 3.0T e yprion TpUOV SLUPOPETIKMOV KAMVIKMOV
TPpOTOKOM®OV AMZ 7y ypnion o€ oxedlacud mAdvov Begpameiag omnv XA.
A&ohoynOnkov o1 TopaLopP®CELS TOL CYETICOVTOL PE TNV ovopoloyéveln Tov Bo
poyvntikod mediov kot T pn-ypoppkoétto tov Pabudotov mediov. Ileployég
QLENUEVIG TTOPAUOPPOONG KOTAYPAPNKAV GTIG TOPLPEG TOL  YOPTOYPOUPOVUEVOL
OyKov, 0 0mOil0¢ MTAY GLYKPIGULOG LE [0 TUTIKY GAPMOT) KEQPOANG. AV Kot 1 péon
amoAlvTn Tapapudpemon dev Eemépace to. 0.5 mm oe kavéva yopikd aEova, N HEYIGTN

andxhon XE éptace ta 2 mm.

211 GUVEXELD, TO OLOT®LLOL TPOTOTOMONKE KATOAANAWS MGTE VO PEPEL OVO KVAVIPIKES
dopég mov mpocopoldlovy eykePoMkéc petactacels. Ot dopég  yeplomkav pe
ddpopeg  ovykevipmoelg (0-20 mM) tov  okwaypagwkod Gd-DTPA  (cuyvd
xopnyoovpevo oty AMX yio XA €yKe@dAov) LE OKOTO TOV YOPOKTNPIGUO TV
TOPALOPPDCEMY TOL ETAYOVTOL At TO 1010 TO oKlaypaekd. H pnéBodog avastpoerg
™G moAkoOTNTOaG TG Pabuidag Kwdwonoinong g cvyvoOTNTAS GLUVOLAGTNKE LE TNV
TEYVIKT] YOPTOYPAPNONG TESIOV DGTE VO €ilvarl SLVOTOS O JYWPIGUOC UETAED T®V
oV topapdpemons. To okiaypaeucd Bpédnke ot emnpedlel onuovtikd ) 0éon Tov
dopmv, pe TV amodKAon vo @Tavel Kotd péco 6po ta 0.067 mm/mM (0.204 ppm/mM).
Metd and yopnynomn kKAMvikng 666mg Tov 1010V oKlaypagkov, ewoveg AME acBevov
pe ovvolkd 10 eyke@aMkéc pPeTaoTAoEIS/0TOYOVS pehethOnKay  epopurolovtag
napopoo pebodoroyio. H cvvolikn afefatdtnta 6to yopikd eviomioud twv OyKmv
ntov katd péoo o6po 0.54 mm (2.24 ppm) yio 10 TPOTOKOAAO AMI 7OV

YPNOUOTOMONKE, GE CLUPMVIO LE TO ATOTEAEGLLATO TOV OLOIMDLLOTOG.
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e i mpoondOela vo kabopiotel moa yeopeTpikt| afefardtnto pmopel va eival avekt,
mAava Bepameiog VYNANG GLUUOPP®ONG XPNOLOTOMONKAY Yo, TNV TPOCOUOIMOT
aKkTVoBOANoNG 6TOY®V d1aPdpV dapéTpov (5 £mg S0 mm). Xopikéc petadécelg amod
0.5 éwg 3 MM g@appOGTNKAV ECKEUUEVO GTOVS GTOYOVG. LT GLVEXELD, VITOAOYICTNKOV
OTOYPAULOTE dOONG-OYKOV Kol OEIKTEC TOLOTNTAG TAGAVOL TOV YPNOLUOTOIOVVTOL
KAMviKG Yo v a&loAdynon kot amodoyn mAdvev Oepomeiog. To amoteAécparto
YPNOOTOON KAV Yo TN OlepeHvNoN TNG EMPPONG NG YEWUETPIKNG afefordtnTog
(Topapopewong) oty akpifeta g evomdbeong g 66oNG Kol 6TV TOOTNTO TOL
mAavov. H tedevtaio Bpédnke 0t e€aptdtor 1oyvpd amod Tig dS10eTdoEL TOL 6TdYoVL. [
oTOY0VG LIKPOTEPOLS TV 20 MM Ge SIAUETPO, L YOPIKN HLETATOTION TG TAENGS TOoL 1
mm pmopet va empépel onuavtiky LeTaforn (>5%) ota Kprtipla TodTnTaG/ omodoyng
oV TAGvov. [Ma 6Tdyove StapéTpov Thve amd 2 Cm, n avtiotoryn petatdémion Ppédnke

ot eivonl Tdvw omtd 1.5 mm.

210 TehevTaio LEPOG AVTNG TNG EPYACIG, 0EI0A0YNONKAY 1)/Kot avamTOYONKaV TEYVIKES
Kot aAyoplfpol SOpOmoNng TG YEMUETPIKNG TAPAUOPPMOONG. ZVYKEKPIUEVA, 1)
AMOTEAEGUOTIKOTNTA TV oAyopiBuwv S10pbmone (Hovo yuor T pn-ypopukdTTo
Babuidmv) mov mapéyoviar amd TOLg KATAGKELOGTES AS10A0YONKE apyIKd Y10 TOIKIAMQ
cvotpdtov AME, petd and 10 oyedlocHd Kot KOTACKELT HioG eEEAYEVTG £KOOGNG
TOV OUOIDHOTOS XOPTOYPAPTONG TOPAUOPPMONG, LE VYNAN OLOKPLTIKT IKOVOTNTO, TO
omoio @épel oyxeddov 2000 XE. Emiong, n pebodoroyio 010pOBmwong péong-eikovog
avartoyOnke kot a&loroyndnke t660 og €1KOVEG OLOIOHOTOG 0G0 Kol o€ achevov. H
npotevouevn texvikn Paciletor ot pEB0OO AVAGTPOPNS TG TOAIKOTNTOG KO Y10, TO
Adyo avtd arartel Vo capmoelc AME. Zuykekpiéva, 1 véa 1KoV GuVTIOETAL OO TIC
LEGEC TYEG TOV EVTAGEMV CLOTOG TOV OVTIGTO MV EIKOVOV avTifeTng ToAMKOTNTOG,
vroAoyiopéveg miEed-tpog-mi&eh. H pébodog d1opbwong avtr| Bpednie amodotikn otnyv
EAOYIGTOTOINGT  TTOPOUOPPAOCED®Y TOV  £0pTOVIOL amtd TNV  akoAovbio mov
ypnowonoteitor. Emmiéov, dieénydn pa cvykprtikny peAétn mov meptlapfove v mo
KaAd Kabiepopévn pnébodo dtopbwong mov PacileTor 6TV OAOKANP®GN TOV GNULATOG,
apov avamTTOYONKOV OAEG O1 OTAPOLTITEG GYETIKES POLTIVES Y10 TNV EPOPOYT TNG. Ko
01 Vo HEBodoL d1opBmong Ppedniay va amodidovv e£icov KaAd, EAAYIGTOTOLOVTOG TN
péon ko d1dpeco evamopeivovsa mopapdpewon. H pébodog olokinpwong onuatog,
OU®G, OmoTEL LEPIKES DPEG VITOAOYLIGTIKOL XPOVOL LETA TN ANYT TOV EIKOVAOV, EVA M

péomn-e1kdva £ivat TO OITOSOTIKT KOL TTLO OTAY] GTNV EPOPLOYN TNG.
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Introduction, Motivation and Research
Goals

Magnetic Resonance (MR) images exhibit superior soft tissue contrast with respect to
computed tomography (CT) and, consequently, are being increasingly employed in
radiotherapy treatment planning [1,2], either complimentarily to CT, or even as the sole
imaging modality (MRI-only treatment planning) [3]. The multi-contrast capabilities of
MR allow for finer tumor localization and delineation. As an instance, contrast agents,
such as gadolinium diethylenetriamine pentaacetic acid (Gd-DTPA) reduce T1
relaxation time, rendering even tiny brain lesions visible [4,5] in T1-weighted (T1w)

images.

This is routinely exploited in radiotherapy treatment planning, including stereotactic
radiosurgery (SRS) applications in which target localization accuracy becomes
paramount [6-11]. SRS is a well-established treatment approach for the management
of a wide variety of lesions, mainly in the brain. The use of SRS in the brain as part of
either initial treatment or salvage of recurrent brain metastases has recently increased
and so has the number of metastases considered treatable by SRS [12-24]. The
efficiency SRS is based on the precise delivery of accurately registered dose
distributions to the target, facilitating restriction of the absorbed dose to the surrounding
critical structures. High dose levels with steep gradients are delivered in a single or a
few dose fractions (single-fraction or fractionated SRS, respectively), setting strict

spatial uncertainty tolerance levels.

MR images are inherently distorted with sources of distortion related to both the MR
unit (system-related) [25-29] and the subject being scanned (patient-induced) [30-33].
In the former case, geometric distortions arise from gradient field nonlinearity and static
magnetic field (Bo) inhomogeneity. MR scanner vendors equip their units with post-
imaging correction algorithms which reduce gradient field nonlinearity distortions
[34,35] (often referred to as sequence independent distortions [33]), although residual
distortions are still significant in areas distant from the MR isocenter [26,27]. These
distortions, however, are fairly reproducible with time and, therefore, can be predicted

[27]. In a patient scan, residual gradient field nonlinearity related distortions can be
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corrected for, following an a priori characterization with the aid of specially designed

phantoms [33].

Patient-induced distortions are related to magnetic susceptibility differences [36] and
the chemical shift effect [37]. However, the set of magnetic properties for a given
patient cannot be predicted, in addition to not being constant in time. Therefore, patient-
specific distortion characterization and/or correction has drawn considerable attention
[10,30,32,33,38-40]. The vast majority of these studies rely on either the field mapping
technique [41] or the read gradient polarity reversal method [42] which both burden the
patient’s imaging protocol with at least one extra sequence. In addition to susceptibility
differences and chemical shift, both methodologies also account for Bo inhomogeneity
related distortion (all three collectively referred to as sequence dependent distortions
[33]). Although tissue susceptibility effects within patient anatomy have been
investigated in simulation studies [31,43,44], distortions exactly at the target locations
(including the ones induced by MR contrast agents) have not been specifically studied.
In an MR-only SRS treatment planning protocol, geometric accuracy in and around the
target is paramount as minor spatial displacements could result in target under-dosage,

especially for tiny lesions [9,10,45].

Gd-DTPA is a commonly used contrast agent in MR imaging for brain lesion
localization in SRS treatment planning. Following an injection of 0.1 — 0.2 mmol/kg of
Gd-DTPA, the contrast agent rapidly reaches the brain, where Gd remains
intravascular. However, in high-grade tumors the blood-brain barrier is sufficiently
disrupted to allow Gd leakage from the vessels. Since Gd is paramagnetic,
accumulation of contrast agent results in local T1w signal enhancement by reducing
tissue T1 relaxation times [1,46]. This mechanism is routinely exploited in MR imaging
for SRS treatment planning by applying contrast enhanced 3D T1w Gradient Echo (GE)
pulse sequences. However, the paramagnetic nature of Gd alters the local magnetic field
due to its magnetic susceptibility (molar susceptibility in Sl units: 0.3393 mL/mol [47]).
Susceptibility inhomogeneities inherently induce geometric distortion in and around the
susceptibility cavity with the spatial displacement of a given point varying according
to the cavity size, shape and orientation with respect to Bo as well as its location with
respect to the cavity [31,36,47].
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Apart from the above-mentioned sources of distortion, external devices such as
localization frames utilized for patient immobilization and stereotactic space definition
in SRS applications can also perturb the magnetic field. In Gamma Kbnife (GK)
radiosurgery, the Leksell stereotactic system is used for these purposes. It consists of
the CT and MR indicator boxes (used in CT and MR imaging, respectively), the Leksell
stereotactic frame model G (frame), and other auxiliary apparatuses. The CT or MR
indicator box is used to determine target coordinates using a system of N-shaped
fiducials located at the Left (L), Right (R) and Posterior (P) sides of the patient. The
frame consists of a rectangular base ring (frame base) and four posts which are attached
to the patient’s head using four pins. The indicator box is fixed on the ring using snap-
on clips. The front piece of the frame base (i.e., Anterior (A) patient side) is removable
and is either straight or curved [48,49]. In both cases the frame base forms a closed
loop. It is well established that eddy currents can be induced in closed loops by both
the radiofrequency (RF) and gradient fields of the MRI scanner, resulting in significant
artifacts [50-52]. Although frame induced distortions and artifacts in MR images are
generally acknowledged [48,50], a systematic characterization of the magnitude,

directionality and range of the distortion field has not been documented.

Apart from MR-related geometric distortions, a series of other sources of spatial
uncertainties can potentially compromise dose delivery in SRS applications, such as
image registration uncertainties (on average 2 mm for MR/CT modalities, according to
a multi-institutional study [53]), patient positioning uncertainties, patient/organ motion
during treatment [54], as well as dose delivery system mechanical uncertainties.
Magnitude of spatial accuracy and precision related to the above depends on the
treatment modality employed, patient immobilization apparatus, positioning system
used, etc. Discussion on the overall spatial uncertainty budget clearly stems from the
need to identify and use an optimal margin about the gross target volume (GTV) for
target definition in SRS treatment planning, which is of great importance in order to
irradiate the GTV with the prescription dose and, on the other hand, to minimize
toxicity and local recurrence, especially in cases where multiple targets are treated, such
as in multiple brain metastases patients. Radiation-induced toxicity is directly
associated with the irradiated brain volume [55-57]. According to a prospective clinical
study, if the volume of brain receiving at least 10 Gy (V1ocy) and 12 Gy (V12ay) is larger
than 12.6 cm® and 10.9 cm?®, respectively, the risk of brain radionecrosis has been
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reported to reach 47%. The rate is reduced to 10%, if Viacy drops to 8.5cm3 [55].
Symptomatic or asymptomatic radiation induced brain necrosis, i.e., the disruption of
healthy neurons due to cell necrosis, is the most common side effect in cranial SRS.
The symptoms of radiation induced brain necrosis depend on the location and function
of the brain at the injury site. These symptoms can range from headaches, fatigue,
nausea, imbalance, extremity weakness/numbness, speech deficits, and seizures to a
combination of the above [58]. On the other hand, any potential spatial dose delivery
discrepancies to the GTV (due any spatial errors involved, such as MR image distortion
at the target location) could compromise treatment efficiency, resulting to reduced local
tumor control. Therefore, introduction of a margin of 1 mm around the GTV, defining
the target, has been reported to significantly increase the tumor local control rate [17,59].
Applying larger (2 or 3 mm) margins significantly increases the risk for radiation
induced toxicity (e.g., up to 25% for a 2mm-margin [60]) without warrantying higher
local control rates [17,61]. In other approaches, sub-millimeter or zero margins are
applied, minimizing the risk of radionecrosis [60]. The discussion on margin
restrictions becomes even more complicated if fractionated SRS is also considered [62]
which has been reported to exhibit increased tolerance to necrosis, compared to single-
fraction SRS schemes [63].

In any case, it is crucial to restrict the irradiated volume, e.g., the V1iogy, at the lowest
levels possible but without risking to compromise the treatment outcome. This very
sensitive balance between the necessity for applying margins and the higher risk for
radiation induced side effects in cranial SRS applications sets the motivation of this
thesis to deal with MR images employed in SRS treatment planning with emphasis to

frame-based single-fraction SRS for the management of multiple brain metastases.

Distortion detection and characterization (both sequence dependent and independent)
in an MRI unit employed for treatment planning is valuable towards determination of
the appropriate margins to be applied around the GTV [2]. As a step further,
development of methods for efficient distortion correction/minimization can result in
enhancement of the spatial accuracy of the SRS treatment protocol and, potentially,
allow for further reducing the applied margins. Several distortion correction schemes
have been presented in the literature [33,38,39,41,42], all requiring an extra imaging

step and post-imaging process and, therefore, resulting in increased MR scanning time
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and protocol complexity. To the best of our knowledge, no sequence dependent

distortion correction/minimization procedure is routinely used in SRS clinical practice.

Following a literature review (Part A of this thesis), the research goals of this thesis are

divided into two groups:

1. To perform a thorough characterization of the geometric distortions related to
MR images employed in SRS (Part B of this thesis). More specifically, the
scopes of this Part involve:

a. Characterization of the sequence independent geometric distortions

b. Evaluation of the spatial distortion induced by the presence of the
stereotactic frame

c. Estimation of patient-induced distortion and especially the distortion
related to the magnetic susceptibility of the Gd-based contrast agent

d. Estimation of the dosimetric impact associated with potential target
geometric offset for clinical high conformal SRS treatment plans

2. To develop/evaluate and compare distortion correction/minimization schemes
(Part C of this thesis). In particular, the aims of this Part are:

a. To evaluate the efficacy of vendor-supplied distortion correction
schemes which take into account the gradient nonlinearity induced
distortion only

b. To develop and implement a distortion correction/minimization
methodology, which takes into account sequence dependent distortion
and, thus, patient-induced distortion

c. To perform a comparative study involving the proposed methodology
and a more well-established distortion correction technique such as the

signal integration method

Achieving the above-listed goals could pave the way for introducing into clinical
practice MR images of negligible geometric distortion even for cranial SRS

applications, involving tiny peripheral brain lesions.
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PART A: THEORITICAL
BACKGROUND
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1 Introduction to Magnetic Resonance
Imaging

1.1 Introduction — Historical overview

MRI is one of the most advanced medical imaging modalities which is nowadays
widely used in clinical practice for both diagnostic and radiotherapy applications. The
superior soft tissue contrast it exhibits (compared to other imaging modalities such as
the CT) along with the use of non-ionizing radiation constitute the main advantages of
MRI for use in clinical practice.

MR imaging is based on the Nuclear Magnetic Resonance (NMR), a phenomenon first
described in 1938 by Isaac Rabi. For his research, Rabi was awarded the Nobel prize in
1944. NMR was first observed in protons independently by Bloch and Purcell [64,65],
and consequently shared the 1952 Nobel Prize [66]. In 1959, J. Singer proposed that
NMR could be exploited to measure blood flow, while Richard Ernst developed Fourier
transform (FT) NMR spectroscopy in 1966 [67], winning the 1991 Nobel Prize in
Chemistry [66]. In 1971, R. Damadian discovered that certain mouse tumors were
characterized by longer T2 relaxation times compared to normal tissues [68]. In 1973,
P. Lauterbur proposed to use gradients of magnetic fields in order to distinguish
between NMR signals originating from different locations [69], combining this with a
form of reconstruction from projections. Selective excitation was proposed in 1974 by
P. Mansfield [46]. Lauterbur and Mansfield shared the 2003 Nobel Prize in
Physiology/Medicine, acknowledging that the use of gradients set the foundations of
MRI [46]. The first MR images of humans were produced in 1977, depicting the thorax
[66], while Clow and Young produced the first published human head image in 1978
[46]. General Electric introduced the first 1.5 T systems around 1984. Ever since, MRI

units and procedures are increasing exponentially. Between June 2015 and June 2016,
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in England alone, more than 3,000,000 MR procedures were performed in total, with

approximately 600,000 MR procedures related to brain cancer imaging [70].

1.2 Nuclear Magnetic Resonance

1.2.1 Magnetic properties of the nucleus

The magnetic momentum of a nucleus, fi, is related to the kinetic momentum, f

according to the relation:

i=y] 1)

where vy is the gyromagnetic ratio of the nucleus, y = gnp/#, gn is the Lande factor of the
studied nucleus and B = e # /2mp is the nuclear Bohr magneton [71]. The kinetic

momentum, J, relates to the spin, I, according to:
J=hl 2)

Only the projection of the nucleus magnetic moment in the z-direction (arbitrarily

selected) is measurable and is simply:

Uz =V, 3)

Only the nuclei having a non-null magnetic moment—thus a non-null spin—are
observable by the NMR phenomenon. The resulting spin of a nucleus depends on the
number of protons and neutrons it contains. It is non-null if the number of protons is
odd or if it is even with an odd number of neutrons. The NMR behavior may thus be
different for isotopes of the same element. The NMR sensitivity of a given isotope takes
into account its natural abundance and the amplitude of the NMR signal it produces,
depending on its gyromagnetic ratio [71]. Since the majority of the body mass consists
of water, hydrogen, *H, is the most abundant nucleus with non-zero spin. Clinical MR
imaging relies on NMR signal from hydrogen and therefore the analysis in the

following sections will be adapted accordingly.
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1.2.2 Interaction of spin with external magnetic field

According to the quantum approach, in absence of external magnetic field, the
projection of the nucleus magnetic moment, u,, can only be +yA/2, i.e., spin 1=1/2 in
equations (1) and (2). The energies corresponding to these two states are equal.
Applying an external magnetic field Bo along the z-axis will result in splitting the

energy states, an effect known as Zeeman. This is illustrated in Figure 1-1.

H. =+yh/2
) E.

S =—yhl/2
Bo=0 A s E

Bo#0

Figure 1-1: Illustration of the Zeeman effect for a proton in presence of external magnetic field Bo. Adopted from
[71].

The magnetic moment is discretized and leads to discrete energy values [72]:
E = _ﬁE = _:usz = —]/meLBZ (4)

with mg = +§When the spin is parallel to the magnetic field and mg = —%When the

spin is anti-parallel.

Assuming that the external magnetic field Bo is applied on the z-axis, the energy

difference between the two energy levels is:
where w, = yB, (6)

is the Larmor precession frequency and corresponds to the frequency of a photon

absorbed or emitted during transition of a proton spin between the two energy levels.
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For a given population, N, of protons at a constant temperature, T, protons will be
distributed to the two energy levels. Let N, and N_ be the number of protons at the
energy levels E+ and E. (Figure 1-1), respectively, then according to Boltzmann statistic
[71]:

% = phwo/kT ©)

where k equals to the Boltzmann constant. For typical magnetic field strengths and
temperatures, N, > N_, i.e., an excess of just a few protons exhibit p, parallel to Bo,
corresponding to the lower energy state. Using Equation (7), it is obvious that the
difference in population between the two energy levels is increased at higher magnetic
field strengths, Bo (and therefore, at increased AE), and at lower temperatures, T.
However, population difference does not increase rapidly. As an instance, ata Bo=1.5
T, the AN is just 96 for every 10° protons.

In the classical approach, one can determine that the temporal gradient of the magnetic

moment is given by [72]:

By solving Equation (8) one can calculate that precession of the magnetic moment, i,

around the external magnetic field, §0, at the Larmor frequency given by Equation (6).

1.2.3 Excitation of a system of protons

Suppose we have a system (a large number) of protons and examine it macroscopically,
following application of an external constant magnetic field §0. Magnetization, M,
describes the magnetic moment of the system and can be analyzed in isochromat
components. An isochromat is a microscopic group of spins that resonate at the same

frequency, i.e., within a volume where the magnetic field is absolutely homogenous.

The Magnetization, M, is aligned with B,, as shown in Figure 1-2(a). The system is at
the equilibrium state. If a photon of specific frequency corresponding to AE is applied

on x-axis, transitions between the energy levels will occur. In the classical approach,

this is regarded as applying an external B, (t) field on x’-axis, at the rotating frame
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(Figure 1-2). Vector M rotates around §1 (i.e., X’ in the rotating frame) at an angular

frequency of w, = yB; (rotating frame), as shown in Figure 1-2(b), for as long as §1 is

applied. Therefore, the flip angle (FA), is:

YI

Figure 1-2: (a) System at the equilibrium state. Magnetization is aligned with Bo. (b) A B field is applied on x ’-axis
in the rotating frame. Magnetization rotates around Bi. (c) B: field is disrupted at a specific time to result in a flip
angle of 90°.

By varying the duration, t, of application of the B, (t) field (or in some cases by varying
its amplitude), one can choose to rotate the resulting Magnetization of the system of the
protons with different FAs. The most used FAs are 90° and 180°, corresponding to 90°
and 180° radiofrequency (RF) excitation pulses, respectively. In Figure 1-2(c), an FA
of 90° is illustrated. After an RF pulse tuned at the Larmor frequency is applied, the
proton system is out of equilibrium and it will return to equilibrium through transitions
between the Zeeman energy levels (Figure 1-1). This could not be achieved by
spontaneous transitions since their probability is negligible. In fact, the return to
equilibrium is caused by interactions of the protons with their environment, in a process

called relaxation [71].
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1.2.4 T1 and T2 relaxation times

So far, the system of protons has been excited by photons of Larmor frequency, which
were absorbed and resulted in the rotation of the Magnetization by an angle of FA=90°.
In the quantum approach this corresponds to protons transiting to the higher energy
level E.. As always, an excitation is followed by a decay by emitting the photons. The
characteristic times describing this decay are information fundamentally exploited in

MR imaging.

At a random moment, the Magnetization vector, M, is analyzed to two components; the
longitudinal, MZ, and the transversal, Mxy. Bloch phenomenogically described the
temporal evolution of the two components until they reach the equilibrium state [64].

In specific, longitudinal Magnetization, IWZ, increases exponentially with a

characteristic time T1, as graphically illustrated in Figure 1-3. T1 represents the time
when M, reaches the 63% of its maximum value. The exponential increase is described

by:

M,(t) = M,(0)(1—e~t/T) (10)
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Figure 1-3: Graphical illustration of the exponential increase of the longitudinal Magnetization with T1
characteristic time. Precession of isochromats is also shown.

In contrast, the transversal Magnetization, Mxy, decreases exponentially with time. T2

relaxation time represents the time when Mxy drops to 37% of its initial maximum

value. This is graphically illustrated in Figure 1-4 and described by the equation:
Myy(t) = My, (0)e™"/T2 (10)

It should be noted that T1 and T2 relaxation times are not equal as they describe
different decay procedures. T1 is referred to as spin-lattice relaxation time, where
lattice is the electromagnetic environment of the system of protons. T1 characterizes
procedures related to the energy balance between the system of protons and the lattice.
On the other hand, T2 relaxation time is also known as spin-spin relaxation time and
describes the procedures that lead to changes to the entropy balance within the system
of protons. More specifically, T1 is associated with the dephasing rate of the system of
spins and, thus, with the corresponding entropy increase. In pure water, T1 and T2
relaxation times are approximately 4 and 2 seconds, respectively. However, in most

biological tissues, T2 «< T1.

In a realistic case, decay is characterized by the T2* relaxation time (instead of T2),
which is even smaller and is related to the local magnetic field inhomogeneities which
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result in different Larmor frequencies. T2* is also illustrated in Figure 1-4. Local
magnetic field inhomogeneities result in shortened relaxation of the transversal

Magnetization M,,,.

hﬂ!i
maximum decreasing zero

ey,
.’.b’:ﬂ}?ﬁﬁ"""
e T

A e

---------

M., \ M,,
100% ] \
' 1 T2 decay
B Y
hY
. A -
37% ) . T2" decay
A t=0 =72 Time Time

Figure 1-4: Graphical illustration of the T2 relaxation time. Exponential reduction of the transverse Magnetization,
Mxy, at a rate of 1/T2 (continuous line). In fact, the reduction will take place at a relaxation rate of 1/T2* (dashed
line) due to local magnetic field inhomogeneities.

In an MR, image contrast stems from the T1, T2 or T2* relaxation times or the density

of protons within the anatomical structures imaged.

1.3 Spatial encoding

NMR signal from the human body (or any object) is useless for imaging purposes,
unless it contains information of the location it was emitted from. In other words, the
signal must be tagged according to the position of the decaying system of proton spins
within the subject/object. This is facilitated by introducing magnetic field gradients to
the background static §0 field. This idea was introduced by Lauterbur in 1973 [69] (see

also Section 1.1).
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1.3.1 Slice selection

In a two-dimensional (2D) imaging sequence, the slice to be imaged is defined by
applying an additional magnetic field gradient together with the excitation RF pulse.
Assuming that the slice is transversal to the z-axis, then the total magnetic field, Eo,tot,

at a given z coordinate will be [71]:
Botot(2) = By + Gz(2) (11)

where G, is the gradient of the magnetic field on the z-axis. Therefore, the Larmor
frequency of a proton now varies with z-location, according to Equations (6) and (11).
By applying G, simultaneously with the excitation pulse, a specific slice can be excited
alone, allowing for slice selection. However, the RF pulse should contain only a narrow
range of frequencies, corresponding to the slice location and the slice thickness selected
to be imaged. This range of frequencies is known as the transmit bandwidth. The slice

selection concept is graphically illustrated in Figure 1-5.
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Figure 1-5: Graphical illustration of selective excitation of a slice transversal to the z-axis. Figure adopted from
[radiologycafe.com educational site].
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It should be noted that the slice selection gradient in a 2D imaging protocol is applied
only along with the RF excitation pulse. Removing G, results in restoring the Larmor
frequency of the excited system of spins to the value corresponding to Bo static

magnetic field, i.e., w, = yB,.

1.3.2 Phase encoding

Following RF excitation, in presence of no gradient magnetic field (slice selection
gradient is switched off soon after selective excitation), all precessing isochromats are
in phase since they were excited simultaneously and now rotate at the same angular
frequency. By applying a gradient magnetic field on one axis (assuming on y-axis for
this analysis), Larmor precessing frequency varies with y coordinate and, therefore,
dephasing of isochromats gradually occurs. The longer the gradient field duration, the
more the isochromats dephase. The concept of identifying the location of the signal by
variably dephasing the isochromats prior to read-out is graphically illustrated in Figure
1-6. The phase encoding gradient field is switched off prior to signal read-out and, thus,
Larmor precessing frequency is restored to the initial w, = yB, but the phase shift

between isochromats still remains.

Without any applied gradient magnetic field at all, the isochromats are all in phase and
a large signal can be obtained. On the other hand, if gradient field is switched on, the
dephasing of isochromats increases with magnitude of the gradient applied. If the
strength is large enough for all the isochromats to cancel each other out, no signal is
obtained at all. Therefore, gradient strength and duration need to be carefully selected
[46].
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Figure 1-6: Graphical illustration of the phase encoding (left) and frequency encoding (right) principles by applying
gradient magnetic fields on x and y axes, respectively. Figure adopted from [71].

1.3.3 Frequency encoding

There is no reason why this phase encode process cannot be re-applied to obtain the
full image in other directions. The main practical difficulty is that such approach would
take a considerably long time, although it is feasible. By applying a time consuming
three-dimensional (3D) imaging can be performed with phase encoding process only.
However, there is a quicker, more convenient and conceptually simpler method of

encoding the second in-plane direction, referred to as frequency encoding [46].

In a similar approach to phase encoding, another gradient magnetic field is used to
encode the y-coordinate of a volume emitting the decay signal. This time, the frequency
domain is exploited. More specifically, the applied gradient magnetic field, G, results
in a change of the Larmor precessing frequency according to the location on y-axis.
Simultaneously, the signal is recorded. By analyzing the frequency of the recorded
signal, the emission location on y-axis can be determined. The concept is illustrated in

Figure 1-6.




To sum up, in a 2D imaging pulse sequence, a given volume within the subject/object
is (i) selectively excited by the slice selection gradient simultaneously with RF
excitation pulse, (ii) dephased by the phase encoding gradient prior to signal reception
and (iii) its precessing frequency was changed simultaneously with signal read-out. The
latter is the reason for referring to the frequency encoding axis also as the read gradient
direction. These three processes define the location of signal emission within the

subject/object and are based on switching gradient magnetic fields.

In a 3D imaging pulse sequence, there is no slice selection gradient. The complete 3D
volume of interest is simultaneously excited at each repetition of the sequence with the
entire volume regarded as a single slice in a similar way to a 2D imaging protocol. The
z-axis is spatially encoded by also applying phase encoding gradient. Therefore, 3D
imaging protocols are doubly phase encoded. Image reconstruction is performed by
using 3D FT. Acquisition time in 3D imaging sequences is significantly shorter with
improved signal to noise ratio compared to a 2D protocol for the same volume of

interest.

1.4 MRI pulse sequences and imaging parameters

In MRI, a series of RF pulses and gradient fields are applied repetitively for complete
image acquisition. This procedure is called sequence. A great deal of sequences has
been introduced, each one filling the so-called k-space in a different way. k-space is the
distribution of spatial frequencies and in simple terms is the raw data matrix which
stores the encoded MR signals [46]. Applying gradients can be represented as
trajectories in the k-space as shown in Figure 1-7. Depending on the application and
image type, the optimum sequence can be selected. The most appropriate sequence and
parameters used is usually a compromise between signal to noise ratio, acquisition time

and image artifacts.

Any scanning protocol is characterized by a number of imaging parameters. Repetition
Time (TR), Echo Time (TE), FA, the receiver bandwidth and number of inversion

pulses are the most important ones.
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TR is the time interval between two successive excitation pulses. Selection of a larger
TR will allow more time for restoring the longitudinal Magnetization, M,, between two
consecutive RF excitation pulses. However, this will have a considerable impact on

image acquisition time.

TE is defined as the time interval between excitation of the volume of interest by an RF
pulse and decay signal read-out. TE along with TR control the transversal
Magnetization, Myy, at signal read-out. More specifically, higher TE will result in
reduced transversal Magnetization, Myy, at signal read-out. Within a time interval of
one TR and depending on the MR application and sequence, it is possible to receive

signal at different TEs, i.e., signal read-out several times after a single excitation.

Any sequence is a combination of excitation pulses, inversion pulses, number of echoes
at TEs, gradients, etc. A few of the most common sequences are known as Gradient
Echo (GE), Spin Echo (SE), Fast Low Angle Shot (FLASH), Fast Spin Echo (FSE) and
Echo Planar Imaging (EPI). The principle of each one is graphically illustrated in Figure
1-7, where the different ways of filling the k-space are also shown.

After the k-space is filled in a 3D MR application, an inverse FT is applied to transform

from the spatial frequencies domain, (kx, ky, kz), k-space to the image space.
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Figure 1-7: Excitation pulses, inversion pulses and gradient magnetic fields of some of the most common sequences
in MR imaging, (a) Gradient Echo, (b) Spin Echo, (c) FLASH, (d) FSE and (e) EPI. Figure adopted from [71].



1.5 Weighted contrast in MR

Contrast in an MR image depends on the sequence and parameters used, as well as the
properties of the scanned subject. Selecting the appropriate sequence and adjusting the
corresponding parameters enables multi-contrast capabilities. In specific, images can
be acquired with contrast stemming from either different T1, T2 or T2* relaxation times
or even differences in the proton density, p,,, in the voxels. In routine spin echo
sequences (Figure 1-7), the signal intensity, I1(t), as a function of time is proportional
to [73]:

I(t)  p,, - (1 — e~ TR/T1) . e~ TE/T2 (12)
or, equally:
I(t) x Spm ' ST1 ' STZ (13)

Equation (13) involves three factors, S,,,, Sr; and Sy, each one related to either proton

density, T1 or T2, respectively. By adjusting TE and TR relative to expected T1 and T2
relaxation times of the tissues, I(t) can be weighted accordingly to highlight
differences in T1, T2 or proton density or a mixture of the above [73], according to
Equation (12). For instance, in routine SE brain imaging, selecting long TR and long
TE will result in favoring the signal from T2 time (referred to as T2-weighted (T2w)
images), although signal from proton density will also contribute. In a similar way,
applying short TR and short TE values will enhance the contribution from T1 relaxation

time (T1w images).

Moreover, by taking advantage of relaxation times dependence on magnetic
susceptibility, flow rates of liquids, chemical shifts, etc. it is also possible to acquire
images containing functional information of an organ (e.g., functional MRI for brain
activity [74,75]), flow rates of blood in the vessels (e.g., phase contrast angiography
[76]), 3D dosimetry information in radiotherapy [77] or even the relative abundance of
a substance in a sample or tissue (i.e., NMR spectroscopy [76]). In other words, MRI
provides endless possibilities for applications which lie beyond the conventional

imaging of the patient anatomy.
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However, in this thesis, T1w and T2w images are only considered as they are routinely

used in intracranial radiotherapy treatment planning for target localization.

1.6 Contrast agents in MRI

For most imaging applications, MRI results in adequate natural contrast based on T1,
T2 or proton density weighting. In some cases, however, contrast has to be enhanced
with the external administration of contrast agents which can selectively reduce the
relaxation times of tissues of interest and, hence, increase their contrast with
surrounding tissues. Several contrast agents have been introduced in clinical practice.

The most commonly used ones are based on the paramagnetic ion of Gadolinium (Gd).

1.6.1 Gd-based contrast agents

Paramagnetic ions are used as contrast agents acting both on T1 and T2 relaxation times.
Gadolinium (Gd*') is the most commonly used one but, as being an ion, it is
administered chelated by a molecule to avoid the toxicity of free ions [71], forming the
group of the Gd-based contrast agents. Such contrast agents will mainly result in
shortening T1 relaxation time in the tissues accumulated and, thus, significantly
increasing the brightness in a T1w image. Gd is very routinely used in brain lesion
detection, such as multiple brain metastases. Following injection into the body, it is
distributed to all perfused tissues but, chelated in a large molecule, cannot cross the
blood brain barrier quickly. In tumors, however, the barrier is disrupted which results
in the Gd-based contrast agent leaking into the interstitial space, a mechanism which
results in a significant increase in T1w signal from the tumor. Gd also reduces T2
relaxation time but the normal rate is still the dominant one [46]. The underlying
mechanism that reduces relaxation times is related to the paramagnetic nature of Gd.
Its magnetic susceptibility changes the local magnetic field in the vicinity of the

molecule, acting as a local field inhomogeneity.

Dosage varies depending on the formulation, imaging application and body weight of

the patient. Typical doses for brain lesion localization are 0.1 — 0.2 mmol per kg of
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body mass, administered dissolved in saline. The main contra-indications for
administration of such contrast agents are poor renal function and pregnancy. Gd-based
contrast agents have been linked to nephrogenic systemic fibrosis as a side effect
[78,79] which has led to regulatory recommendations by the authorities [46]. Moreover,
Gd-based contrast agents have been reported to be deposited in the brain after repeated
administrations, although the clinical significance and risks associated with this finding
are still unknown [80,81].

1.6.2 Other contrast agents

Manganese (Mn?*) is another paramagnetic ion which has also been used in clinical
practice, acting in the same way as Gd-based contrast agents (i.e., significantly reducing
T1 relaxation time), although it has not proven as popular.

Superparamagnetic iron oxide nanoparticles (SPIO contrast agents) have also been
employed clinically, although they behave very differently compared to Gd-based
contrast agents. They act mainly on reducing T2 and T2* relaxation times and, thus,
lowering the signal in tissues in which they accumulate, in T2w or T2*-weighted
images [46]. They have been used for tumor detection in the liver as they are absorbed
by healthy tissues but not by the tumor and, therefore, the latter appears bright in a dark
background [71].
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2 MR-related geometric distortions

2.1 Introduction

In addition to common image quality indices (such as signal-to-noise ratio, contrast-to-
noise ratio, etc.), an imaging modality’s accuracy in localizing in space anatomical
structures of interest is of paramount importance, especially in the case images are
employed in radiosurgery treatment planning. It is well-known that MR images are
inherently distorted. Distortion of a few millimeters is not expected to affect typical
diagnostic applications. However, if the images are used to identify and delineate a
target or a critical organ with minimum spatial error tolerance, then MR-related
geometric distortion might set limitations or raise concerns. Particularly for intracranial
SRS, spatial inaccuracies of the order of 1 mm may have a significant dosimetric impact
(e.g. a significant reduction to the absorbed dose by the target), in cases where steep
dose gradients exist (see Chapter 7). Therefore, significance of the geometric distortion
depends on the application the image will be employed for.

MR-related geometric distortions have been reported to exceed 25 mm within a field-
of-view of 24 cm in a 1.5T MR unit [28]. Spatial accuracy degradation is mainly
exhibited at the edges of the imaged volume and increases with increasing field-of-view
[33]. Geometric distortions mainly stem from static magnetic field, Bo, inhomogeneity,
gradient field nonlinearity, differences in the magnetic susceptibility of the
object/subject being imaged and the chemical shift effect [2]. Other sources of
distortions and/or artifacts are related to the eddy currents, temperature drift, aliasing,

etc. [37,82-86] which will not be discussed as they lie beyond the scopes of this thesis.
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2.2 Gradient field nonlinearity

As analyzed in Section 1.3, NMR signal is tagged with respect to its origin by applying
gradient magnetic fields, Gx, Gy, G; on the three dimensions. Gradient fields are enabled
either during excitation (slice selection gradient in 2D pulse sequences), prior to (phase
encoding gradient) or during (frequency encoding gradient) the NMR signal read-out
at TE. Therefore, gradient fields are strongly associated with the coordinates of the

voxel being imaged.

The gradient of the magnetic field is supposed to be uniform throughout the volume
being imaged. In other words, when a gradient field is enabled on one dimension,
magnetic field is supposed to increase or decrease linearly with respect to distance from
the isocenter on this dimension. When the gradient field is enabled on x axis, Gy, the

local magnetic field at location x should be:
B(x) = By+ G, x (1)

The MRI systems are designed to apply a constant Gx with respect to x and, therefore,
G, - x is expected to vary linearly with x location. The same concept applies to the
other two dimensions, as well. This is fundamental for encoding the NMR signal in

space (see Section 1.3).

However, a considerable deviation from the assumed linearity in space will result to
mis-encoding of the signal and, consequently, to a geometric offset for the voxel in the
MR image corresponding to the specific location. The image will appear distorted. This
is illustrated in Figure 2-1(A). The dashed line represents the assumed linear gradient
field while the solid line corresponds to the actual field which deviates from linearity

around the position r,. The voxel will be imaged at location r;.
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Figure 2-1: Deviation from the assumed gradient field linearity will result in image distortion. (A) Solid line
represents the actual gradient field, while the dashed line corresponds to the assumed linear one. A voxel lying at

the actual r, location will be imaged at the distorted r;) location. (B) The gradient field polarity is reversed

(decreasing with distance r from the isocenter). This change did not affect the distorted space. Figure is adopted
from [27].

In Figure 2-1(B), the polarity of the applied gradient magnetic field is reversed, i.e.,
gradient field is decreasing with increasing distance r from isocenter. The imaged
location g will not be affected, ry > 1, which is the same as for the case shown in
Figure 2-1(A) (gradient field is increasing with distance r). This remark is commonly

exploited to differentiate between sources of geometric distortion [2,25-27].

2.3 Static magnetic field inhomogeneity

MRI strongly relies on the application of a static magnetic field,§0, constant in
magnitude and direction, in order to separate the energy levels of the spins, according
to the Zeeman effect (see Section 1.2.2). Higher Bo strength results in enhanced signal-

to-noise or shorter scanning times.

A potential local inhomogeneity in the strength of the static magnetic field will result
in a strength of B}, which will directly affect the Larmor precessing frequency of the

spins, according to the equation wg = yBy. This will also impact the spatial information,
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as By will be summed with the gradient field to encode the location of the imaged

volume, according to Equation (1). This is illustrated in Figure 2-2.

- Bo -=: G+Bo

Figure 2-2: (A) The static magnetic field Bo vector is not homogeneous at the edges of the imaged space. The dashed
line represents the assumed homogeneous Bo, while the solid line corresponds to the actual inhomogeneous By field.
(B) The inhomogeneous field is summed with the linear gradient field, applied for spatial encoding. A voxel lying at

the actual r, location will be imaged at the distorted r;) location, with ry < 1. (C) The gradient field polarity is
reversed (increasing with distance r from MR isocenter). This change will directly affect the sign of the distortion in
the acquired image, as ry > r,. Figure is adopted from [27].

As shown in Figure 2-2(B), the inhomogeneous B field, summed with a decreasing
gradient field, G, results in a volume actually located at r, to be imaged at ry < ry.
However, reversing the polarity of the gradient field (Figure 2-2), will result in a
distorted image location at vy > 1,,. In other words, reversing the polarity of the gradient
field will change the sign of distortion without affecting the distortion magnitude. This
is in contrast to the corresponding remark made for the gradient field nonlinearity

related distortion (see Section 2.2).

Another key difference between gradient field nonlinearity and Bo inhomogeneity
related distortions is that the latter is mainly exhibited on the frequency encoding
direction (and the slice selection direction in 2D imaging protocols) in typical T1lw

images, while the former affects all dimensions.
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2.4 Magnetic susceptibility difference

The magnetic susceptibility (commonly referred to as volume susceptibility [36]), x, is
an important magnetic property of a material. It indicates whether a material is attracted

into or repelled out of a magnetic field. In short, when an external uniform magnetic

field EO = .Uoﬁo is applied inside a material, the actual field B inside the material is

given by [47]:
B =po(H+M) (2)

where H is measured in A/m, M is the permanent magnetization or the induced
magnetization (i.e., magnetic moment per unit volume of the substance measured in
A/m), and u, is the vacuum permeability (4z-107) with units of Tm/A [47] in the SI

system convention.

When a material is not permanently magnetized, that is, when M is not a constant, the

induced magnetization M inside the material may be related to the H field by a constant

susceptibility y through:
M=xH (3)

According to Equation (3), the magnetic susceptibility, y, is dimensionless. Combining
Equations (2) and (3):

B=u(l+H=ul (4
where u = uo(1 + x) (5) is the magnetic permeability of the material.

Relative permeability, u,., is the ratio of the permeability of a specific material to the

permeability of vacuum:
=K
wr = (6)

(:53#r21+)( (7)

Based on the macroscopic behavior under the influence of an external magnetic field,
various materials are classified into diamagnetic, paramagnetic, and ferromagnetic

materials. According to Equation (4), if the susceptibility y > 0, the material is
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considered as paramagnetic and if y < 0, the material is diamagnetic. For vacuum, y =
0 [36,47]. Superconductors are characterized by the smallest susceptibility value, y =
—1, while for soft ferromagnetic materials y > 10°. However, for materials involved
in MRI, | x| « 1. This is the practical reason for using magnetic susceptibility instead

of the relative permeability, u,.

Table 2-1: Magnetic susceptibility (volume susceptibility) of various materials or substances found in vivo. Values
from [36].

Magnetic
Material/tissue susceptibility
Pure water (37°C) -9.05-10°
Air (NTP) 0.36-10°
Human tissues -11-10°to -7-10®
Liver ~0.0-10°®
Whole blood (deoxygenated) -7.9-10°®
Red blood cell (deoxygenated) -6.52-10°®
Hemoglobin protein (without Fe ions) -9.91-10°
Cortical bone -12.82-10°
Lipids (stearic acid) -10-10®

Table 2-1 lists the magnetic susceptibility of various substances or materials found in
vivo. Although most of the materials listed are diamagnetic (i.e., y < 0), significant
variations in magnetic susceptibility are observed. According to Equations (3) and (4),
the local magnetic field inside a substance depends on the local susceptibility and,
consequently, Bo uniformity is inevitably compromised by the presence of materials.
As a result, the Larmor precessing frequency of spins inside a substance will also be
affected. In an MR image, the center of a uniform material will be mis-encoded in space,
resulting in a geometric offset which may or may not be significant depending on the
susceptibility value. At material interfaces, due to the abruptly change in susceptibility,
geometric distortion and artifacts might be observed in an MR image. More specifically,
darker and brighter areas might appear along with surrounding tissues being distorted

in the MR space. Figure 2-3 shows a characteristic example.
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Figure 2-3:Cranial MRI scan of a patient with mascara on their eyelids. The susceptibility of mascara resulted in
the front half of the globes appearing obscured. Figure adapted from [ “MRI Artifacts: Mechanism and Control” by
C. Ruan].

For the majority of soft tissues, we may assume that their magnetic susceptibility is
equal to that of water. For a typical MRI scan for diagnostic purposes, differences in
magnetic susceptibility such that |y — ¥water] < 107> are expected to cause minimum
or negligible distortion in the image, even if they lie close to the anatomical site of
interest [36]. However, if the MR image is employed in treatment planning for
advanced radiotherapy applications, for which spatial accuracy is of paramount

importance, more strict tolerances may be needed.

Susceptibility-related distortion depends on the employed MR pulse sequence and
parameters selected. Moreover, the resulting geometric offset increases with increasing
static magnetic field strengths [2], TEs used and with decreasing bandwidth [37]. To
reduce susceptibility related artifacts, SE and FSE sequences with very short TEs
should be preferred [86].




However, it should be noted that this type of distortion appears only in the frequency
encoded direction (for non-EPI sequences) and the slice selection direction (only for
2D sequences). This results to the susceptibility-related distortion being dependent on
the relative position of the materials being imaged. If the interface of materials with
considerable susceptibility difference is perpendicular to the frequency encoded
direction, the effect will be maximized. On the other hand, if the material interface is
parallel to the frequency encoded direction, no distortion is expected [87,88]. This is
illustrated in Figure 2-4.

Figure 2-4: Susceptibility-related distortion depends on the orientation between frequency encoding direction and

materials interface. (left) Interface is perpendicular to the frequency encoding direction. The actual shape of
phantom containers (depicted by red the red contour) is deformed due to the difference in the magnetic susceptibility.
(right) The material interface is parallel to the frequency encoding direction. The actual shapes match the ones
identified in the image. Figure adopted from [87,88].

2.5 Chemical shift effect

An important physical phenomenon, which is similar to magnetic susceptibility in its
electronic nature of origin, but has a different macroscopic manifestation in MR, is the
phenomenon of chemical shift. Chemical shift is more local and related to the time-
averaged interaction of the electrons within a molecule (i.e., intramolecular) and/or

between neighboring molecules (intermolecular) [47]. Rotating electrons, as charged




particles with spin, induce magnetic field which is anti-parallel to the main magnetic
field. Therefore, the chemical shift effect causes a uniform and finite shift in the Bo
static magnetic field experienced by certain nuclei within the molecule. This shift will
also impact the Larmor precessing frequency and is proportional to the applied external
Bo magnetic field [47].

At an external magnetic field of 1.5T, the Larmor frequency of a proton spin in the
molecule of water is approximately 63.9 MHz, while for a proton spin in a fat molecule
it is reduced by 210 Hz. These values apply for an object/subject being scanned at a
temperature of 37°C. However, for a phantom at the room temperature of 22°C, the
water-fat Larmor frequency shift is 224 Hz [89]. Therefore, large temperature drifts

could also cause additional imaging issues in MRI [89-91].

water
main fat peak
*
* *
| |
| I
0 Hz -420 Hz

Figure 2-5: NMR spectrum for a mixture of water and fat placed at an external magnetic field of 3.0T. The main fat
peak corresponds to a resonance frequency for fat of 420 Hz lower than that of water. Asterisks denote the secondary

fat resonance peaks, some of which lie very close to the water resonance peak. Figure adopted from [89].

At a magnetic field of 3.0T, the above-mentioned water-fat sifts are doubled. Therefore,

chemical shift related distortion is proportional to the applied external main magnetic




field strength. In a more in-depth analysis, it should be noted that fat exhibits a more
complex NMR spectrum. It comprises of several secondary resonance peaks [89],
denoted with asterisks in Figure 2-5. However, the secondary peaks’ amplitudes are
significantly lower than the main peak’s amplitude and, therefore, they are often

considered negligible.

Similar to the Bo inhomogeneity and susceptibility related distortions, chemical shift
has an impact only on the frequency encoding (for non-EPI pulse sequences) and the

slice selection (only for 2D imaging protocols) directions.

2.6 Characterization of MR spatial distortion

According to the above analysis, sources of geometric distortion can be easily grouped

based on common characteristics.

The most usual grouping is related to whether the distortion stems from the MRI unit
used for image acquisition (system-related distortion) or the patient/object being
scanned (patient-induced distortion). Apparently, Bo inhomogeneity and gradient field
nonlinearity are system-related sources of distortion, while chemical shift and
susceptibility related distortions are patient-induced. Moreover, several other sources
of distortion or artifacts belong to the former group, such as eddy currents, RF
inhomogeneity, zipper artifact, slice-to-slice interference, aliasing, etc. Artifacts
stemming from the patient’s organ movement and temperature rise due to the presence

of metal parts are also characterized as patient-induced [37,83-86].

However, a different grouping of sources of distortion is more suitable for the purposes
of this thesis, i.e., distortion characterization and correction. In specific, distortions are
distinct according to their dependence on the read gradient polarity selection. In the
work of Baldwin et al [33], distortions that change sign with the reversal of the
frequency encoding direction are referred to as sequence dependent, while the ones that
are not affected are referred to as sequence independent. This definition has been
adopted throughout this thesis. Based on the above analysis and this definition, gradient
field nonlinearity related distortion is sequence independent, as shown in Figure 2-1.

Since gradient nonlinearity is also system-related, corresponding distortion in three
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dimensions can be measured for a specific MR unit using specially designed phantoms

and predicted in subsequent patient scans [27].

Suppose that Gy, G, and G, are the three gradient strengths used to encode the entire
3D space. Potential gradient nonlinearities at (x, y, z) will result in corresponding local
field shifts 4B, (x,y,2), ABGy(x,y,z) and 4B;, (x,y,z) which will be constant,
irrespective of the patient being imaged, anatomical site or the read gradient polarity
selection. This is very significant as routine clinical practice can be relieved from time

consuming gradient nonlinearity distortion measurements.

On the other hand, Bo inhomogeneity, susceptibility differences and the chemical shift
effect are sequence dependent types of distortion, since the read gradient polarity
reversal will affect the sign of distortion. Moreover, sequence dependent distortions
comprise both system-related and patient-induced distortions and, therefore, cannot be
predicted prior to a patient scan. If ABgj, is the overall sequence dependent field shift,
then:

ABSD - ABBO + ABMS + ABCS (8)

where 4B , ABys and 4B are the induced local field shifts due to Bo inhomogeneity,

magnetic susceptibility difference and the chemical shift effect, respectively.

It should be mentioned again that sequence dependent distortion is exhibited only on
the frequency encoded (i.e., read gradient) direction for non-EPI, 3D pulse sequences
as the ones examined here. In contrast, sequence independent can be demonstrated on

any axis.

2.7 Distorted image space

Assuming that the x-axis was selected as the frequency encoding direction in a 3D non-
EPI pulse sequence, in absence of sources of field shifts, the magnetic field at a position

x will be (Equation (1)):

B(x) = By+ G, x
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and using the relation for Larmor angular frequency, w = —yB:
w(x) = —y(Bo+ Gy x) (9)

This is the ideal encoding of space, i.e., each frequency, w(x), corresponds to a specific
location on x-axis. Using FT, it is feasible to trace back the NMR signals recorded to
their actual positions on x-axis, relying on their frequency information. However, this
IS just the ideal case. In practice, local field shifts originate from both sequence
dependent and sequence independent types of distortion. Therefore, Equation (1)

should be rewritten:
B(x) = By + Gy x + ABsp(x,y,2) + ABg (x,y,2z) (10)
= w(x) = —y(Bo + Gx x + ABsp(x,y,2) + 4B; (x,y,2))

ABsp(x,y,2) n ABg, (x,y,2)

X GX

> wlx)= —y(By+ G, (x+

) (11

By comparing the ideal case represented by Equation (9) with the actual case of
Equation (11), the voxel will be mapped at the distorted position, x’, because of the
induced spatial offset, Ax;,;:

ABSDG(x,y,z) n ABGxG(x,y,z) (12)

X' =x+ Axpor = x + Axgp + Axg; = x +
where the first fraction represents the sequence dependent distortion, Axs,, and the

second fraction corresponds to the sequence independent, Axg,, distortions involved.

In a similar way, for the phase encoded axes, y and z, the resulting distortions, 4y,

and Az, will be:

! ABG (x'y,Z)
V' =yt Ay =y +Ayg =y +—— (13)

z’=z+Azt0t=2+Azs,=z+w (14)

For y and z axes, only sequence independent distortions are present.

Equations (12), (13) and (14) define the distorted image space (x', y', z") and constitute
the basis for distortion mapping. Most importantly, they provide the necessary link to

the undistorted image space, (x,y, z), for distortion correction procedures.
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2.8 Methods for distortion assessment

2.8.1 The read gradient reversal method

As explained above, sequence dependent distortions change sign with read gradient
polarity reversal. Chang and Fitzpatrick [42] proposed a technique that exploits this
characteristic for the purpose of distortion assessment. In specific, the authors proposed
to acquire two image series with identical imaging parameters except for a reversal in
the read gradient polarity. For instance, if according to the imaging protocol, the
frequency encoding gradient, G,, is applied from the L towards the R side of the patient
(L-R), in the additional scan the gradient field is reversed (i.e., R—L) with all other
imaging parameters remaining unchanged. Gradient field reversal will also reverse the
sequence dependent distortions (i.e., same magnitude, opposite sign). Therefore:

_ ABGx(x,y,Z) + ABSD(X,}’,Z) (15)
Gy Gy

!
Axp g =X 5p —X

_ ABg, (x,y,2) _ ABgp(x,y,2) (16)
Gx Gy

o
AxR—)L =XpRpsL—X

with ABsp(x,y,z) = ABp, + ABys + ABcs, as defined in Equation (8), x',_z and
x'r_, are the positions in the distorted forward and reversed image scans, while x is

the position is the actual undistorted space.

Subtracting or summing Equations (15) and (16), the sequence dependent, Axsp,, and

the sequence independent, Axg;, distortions will be:

_ AX[R—AXR>L _ X'L>R—X/R>L
Axsp = > = > a7

Ax +Ax x! +x7
Ax — L-R R-L — L-R RoL X (18)
SI 2 2

In Equation (17), absence of the true position, x, in the undistorted space, allows for a
straightforward evaluation of sequence dependent distortions, as long as x'; _, and
x'g_, Can be identified and matched in the two image scans. Knowledge of the true
position, x, is not required. This is the most important advantage of the read gradient

polarity reversal technique. On the other hand, distortion detection requires that
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anatomical landmarks or distinct points, serving as Control Points (CPs) for x';_,z and
x'r_,, determination, are accurately identified, localized in the two image stacks and
paired. Using specially designed phantoms for distortion detection [27,28,33,34,92-96],
such CPs are well defined in space with adequate contrast for accurate localization in
the image stacks. However, in a patient scan, identification of distinct landmarks
serving as CPs is not straightforward, in addition to not being dense in space. This was
addressed by Chang and Fitzpatrick [42] who used Runge-Kutta integration in the two
image series. Reinsberg et al [39] proposed usage of mutual information and cross

correlation-based image co-registration between the two MR scans.

For the assessment of sequence independent distortions, Axg;, Equation (18) requires
that the true position, x, is determined. The latter can be performed by relying on other
3D imaging modalities that can be considered as golden standards in terms of geometric
accuracy, such as the CT [26,27].

For use in clinical practice, the main drawback of this method is that it requires two
image scans, effectively doubling the patient scanning time. It should be noted that the
patient should not move during the image acquisitions which cannot be guaranteed in

the case the treatment protocol does not involve an immobilization frame.

2.8.2 The field mapping technique

A different approach for sequence dependent distortion detection was proposed by
Jezzard and Balaban [41] which, however, also involves an additional MR scan of the
patient. It relies on the fact that the phase, ¢, of the NMR signal depends on TE. More
specifically, phase, ¢,, at the position (x,y, z) and at time t = TE; is sensitive the
local magnetic field perturbation due to sequence dependent distortions, ABgp (x, y, 2)

and is given by:

01(x,y,2,TE)) = 99—y - ABsp(x,y,2) - TE;  (19)

where ¢, is a constant phase offset, independent of time, induced by the local
conductivity of the object being scanned [72]. In a similar way, phase, ¢,, at the same

position but atatime t = TE, is:
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¢2(x,y,2,TE;) = 9o — v - ABsp(x,y,2) - TE,  (20)

By subtracting Equations (19) and (20), and solving for the local magnetic field
perturbation [72]:

©1—@; __ Ap(x,y,z,ATE) (21)

ABsp(x,y,2) = Y(TE;-TE;)  y(TE;-TE;)

Equation (21) is the basis of distortion detection using the field mapping technique. In
order to extract ABsp (x, y, z), asingle scan is not sufficient and two gradient echo scans
must be collected, with echo times TE; and TE,. If transient field effects are not a
problem, one scan can be obtained with two echo times, a sequence often referred to as
dual echo gradient echo. Otherwise, an interleaved scan can be run where the second
echo time has the exact same gradient structure as the first echo. All phase encoding
timings relative to the read gradient should be kept invariant, that is, both the read and

phase encoding gradients are slid along as a group to the desired echo time [72].

Having determined the magnetic field perturbation map, 4Bs, (%, y, z), calculation of
the sequence dependent distortion map is straightforward (assuming the x-axis as the

frequency encoding direction in a non-EPI 3D pulse sequence):

Axsy = EREXD (39

where G, is the strength of the frequency encoding gradient field in T/m.

The most important advantage in using the field mapping technique for measuring
sequence dependent distortions is that it does not require distinct points (i.e., CPs) or
landmarks to be identified, as is the case for the read gradient polarity reversal method.
In fact, every voxel being imaged with adequate signal-to-noise ratio and reliable phase
information serves as a CP. Therefore, it can be employed in both phantom and patient
images. Although this method also burdens the patient scanning time, the required set
of images can be parameterized to last a tolerable amount of time [33].

2.8.2.1 Wrapped phase

On the other hand, the field mapping technique, requires a time-consuming post-

imaging process known as phase unwrapping.
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In an MR image, the information for every voxel involves both the amplitude and phase
of the signal received. Therefore, the signal. S(x, y, z), corresponding to each voxel
lying at (x,y, z) is represented by a complex number with imaginary, I, and real, R

parts, or equally, with magnitude, M, and phase, ¢:
S(x,y,z) =R+ 1i = Me'® (23)

Thus, in a typical MR scan, the acquired set of data that can be exported actually
comprises of up to four image stacks, i.e., R , I, M and ¢. The phase, ¢, of the complex
number is the angle of the decaying magnetization at the voxel location. However, this
IS not yet the phase information, ¢, and ¢, required by Equation (21) because ¢ is
wrapped in the (—m, +m] interval [97,98]. Phase wrapping occurs when the transverse
magnetization vector at a given location has in fact been around the circle one or more
times. For example, if the wrapped phase is 45°, there is no way to tell if it is actually
405°, 765°,-315° or -675°, etc [47]. Mathematically, the principal value in the (—m, +1]

interval of the complex number argument is measured in an MR scan.

2.8.2.2 1D phase unwrapping

According to the above analysis, in order to derive the actual phase, unwrapped in the

(—o0, +0) range some multiple of 2z should be added or subtracted [47]:

Punwrapped = Pwrapped T (2m) - n (24)
where n is an integer.

Phase unwrapping is performed sequentially from one voxel to the next by examining
whether the phase difference between an unwrapped voxel and a neighboring wrapped
one is larger than +m rad or less than —m rad. In these two cases, an appropriate number
of multiples of 2 are added or subtracted to the wrapped phase of the voxel in order
for the difference to be less than . This process is repeated for all neighboring still-
wrapped voxels and then for the neighbors of the neighbors, etc. until all voxels in the

image have been unwrapped.

Figure 2-6 presents the phase unwrapping concept in one dimension. In Figure 2-6(a),

the actual phase values are given, while in Figure 2-6(b) the phase is wrapped in the
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(—m, +m] interval. Large phase discontinuities are observed at points A, B, C and D.
Starting from the left-hand side towards the right, phase is +m at point A and —m at the
neighboring point B. This abrupt change suggests that the phase has been wrapped and
the actual phase is slightly larger than 4+ rad. Thus, we add +2 rad at point B in order
to determine the actual phase at the corresponding point B shown in Figure 2-6(a). In a
similar way, between points C and D phase is discontinuous ( —m at point C and + at
point D). Therefore, phase is evidently wrapped at point C and we should add —2r rad
in order to calculate the actual phase. This quantity will also be added to the wrapped
phase of all subsequent points till the next wrap, in order to acquire the actual phase
shown in Figure 2-6(a). Wrapping points like points B and D are called m-bounce points

[97]. Such m-bounce points are also shown in a 2D image plane in Figure 2-7(a).
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Figure 2-6: 1-D phase unwrapping. (a) Actual phase distribution. (b) Wrapped phase values. (c) Wrapped phase
values including noise. (d) The noise resulted in errors in the unwrapping procedure. Consequently, the unwrapped
phase distribution differs by 2m rad from the actual one. Furthermore, the unwrapping errors propagates to all

subsequent points. Figure adopted from [97].

It is obvious how the unwrapping process diffuses from one point to the next. Changing
the value of the phase at one point will propagate and affect the phase values of all the
following points. Although in theory unwrapping is rather simple and straightforward,
in practice several limitations exist. First of all, we have assumed that the local magnetic
field does not abruptly vary in the above analysis. In such a case, a phase difference
larger than r between two neighboring voxels could stem from actual very steep local

magnetic field variations. However, mis-identifying this point as a wrapping point
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would result in a large error of 27 rad to the unwrapped distribution. Furthermore, this
error will propagate to all subsequently unwrapped points. In a more realistic case, the
presence of noise in the acquired wrapped phase distribution has also been completely
ignored in the analysis so far. For instance, if at a point where wrapping actually occurs
(i.e., a m-bounce point) the local noise in the image is large enough to reduce the
difference between wrapped and unwrapped voxels to less than = rad, then the
wrapping point will not be identified and a multiple of 2r rad will not be added or
subtracted. This error will also propagate to all subsequently unwrapped phase values.
This is illustrated in Figure 2-6(d) where the r-bounce point before point D is obscured
by increased noise levels in the acquired wrapped phase images (Figure 2-6(c)). As a
result, all subsequently unwrapped phase values differ from the actual one by 27 rad.
Therefore, even a small number of voxels with increased noise levels might

catastrophically affect the unwrapped phase distribution.

2.8.2.3 Guided 3D phase unwrapping

In 1D phase unwrapping, unwrapping errors cannot be avoided and recovering of the
lost phase information is impossible. In a 3D phase unwrapping process, there are
several options for the unwrapping path to be followed and, therefore, areas that are
prone to unwrapping errors (e.g., reduced signal-to-noise areas) can be unwrapped last.
A correctly unwrapped phase distribution should be independent from the path
followed. Several unwrapping algorithms have been proposed which differ with respect
to the way the unwrapping path is chosen. A few of the most widely used ones are
Jenkinson’s method, Constantini’s technique and Goldstein’s branch cut method [99—
102]. The main idea behind these algorithms is to select the unwrapping path that first
deals with the most reliable areas of the image and leaves the areas suspected for
unwrapping errors to be unwrapped last. Therefore, if unwrapping errors are introduced
in the suspected areas, they will be contained locally and will not propagate to the rest
of the image.

Cusack and Papadakis [97] proposed a 2D iterative phase unwrapping algorithm
especially for MRI field mapping and distortion detection. It is a guided unwrapping

algorithm which first defines a noise estimator field. This field is used to guide the
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unwrapping path towards the less noisy areas of the image first. Three approaches to

define the noise estimator field are proposed [97]:

1. The magnitude of the image acquired with the largest TE, negated.

2. For each voxel, the minimum magnitude of the voxel across the two images
acquired with different TEs

3. The “pole field” of the image. As unwrapping is path independent in a noise-
free map, the sum of signed phase wraps around any closed loop in the image
should be zero. Breaking down any loop to small rectangular loops of 2x2
voxels, if there is noise in a region that destroys path independence, there will
always be nonzero sums around at least one of these small loops. Points around
a nonzero sum loop are referred to as “poles”. The distribution of poles in the

image constitutes the pole field, serving as the noise estimator field.

Any of the above approaches perform equally well [97]. Therefore, in this work the
simplest approach (1) was selected and developed in MATLAB. The algorithm was
expanded to work in 3D, simply by extending the path selection option to the through-

plane dimension.

Having defined the noise estimator field that will guide the unwrapping process in the
developed algorithm, the next crucial step is to select the starting voxel(s), referred to
as “seed(s)”. By definition, the phase of a seed is not wrapped, i.e., n = 0 in Equation
(24). In order to ensure this prerequisite, the seed is selected to be at a region of
minimum noise, away from material interfaces and close to the MR scanner’s isocenter.
Then, the “current threshold” for the noise estimator is set to the lowest value found in
the entire noise estimator field. The seed(s) is flagged as “unwrapped” and set as the
“current voxel”. Then, the iterative part of the developed algorithm is summarized in
the following steps:

1. For each voxel flagged as unwrapped
o For each neighboring voxel:
= If its noise field is below the current threshold, unwrap the
neighboring voxel and flag it as unwrapped
= Ifits noise field is above the threshold, continue
2. When this step is completed for all voxels flagged as unwrapped, increase the

noise estimator field by a pre-defined step and repeat step (1)
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Y Position (mm)

The algorithm developed in MATLAB for the purposes of this thesis is given in the
Appendix. It was employed to unwrap the phase difference between two TEs in order
to use Equation (21) for distortion detection, implementing the field mapping technique.
Figure 2-7 shows results obtained during the validation process of the developed routine,

using a homogeneous cylindrical phantom and a 3.0T MR scanner.
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Figure 2-7: Indicative results of the 3D guided phase unwrapping algorithm. (a) Wrapped phase difference
distribution for a large homogeneous cylindrical phantom and a 3.0T MR scanner. Several wrapping points are
observed. An area of increased noise is detected at the top. (b) Corresponding unwrapped phase difference using
the algorithm developed for the purposes of this thesis. Unwrapping errors are induced in the noisy area but did not
propagate to the rest of the image.

2.9 Distortion correction

If the distortion map (i.e., (Ax¢or, AVior, AZeor) IN Equations (12), (13) and (14),
respectively) has been determined in 3D, distortion correction is a simple 3D
interpolation step between the distorted and undistorted image spaces [28]. Ideally the
distortion map should involve all sources of MR-related geometric distortion, both

sequence dependent and sequence independent. If they have been determined
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separately, they are first combined into a single distortion map [33]. Moreover, if
distortion maps have been calculated in a different gradient strength than the one of the
image to be corrected, the distortion magnitudes for all axes should also be rescaled
according to Equation (15). Prior to correction, the distortion map can be interpolated

to the same resolution as the image to be corrected [33].

As a last step, following image correction, the signal of every voxel should also be
corrected. In the distorted image space, a given voxel has been stretched or compressed
to a different size, affecting its apparent density and brightness in the distorted image.
In order to account for this effect, a rescale factor is applied to each voxel’s intensity,
known as the Jacobian determinant [28]. The Jacobian is directly calculated from the
distortion map (4x, 4y, Az) individually for each voxel lying at the location (x, y, z),

according to the equation [28]:

d(Ax) d(4x) 9(4z)
1+ ox ay 0z
a(4y) 9(4y) 9(4y)
Jeyz)=| —-  1+== P (25)
d(4z) d(4z) d(4z)
ox dy 1+ 0z

The signal intensity Sy;s:(x’,y’,2z") in the distorted image space will be corrected to

Strue (%, ¥, Z) in the undistorted image space according to:

Strue(x' Y, Z) = ](X, Y, Z) ’ Sdist(x,' y,rZ,) (26)

As with all digital images, distortion distributions and corresponding signal intensities
are discrete in space and, therefore, partial derivatives in Equation (25) can be
calculated by the finite distortion differences between neighboring voxels [28].
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3 MRI in stereotactic radiosurgery
treatment planning

3.1 Introduction

In conventional radiotherapy applications, a CT scan is primarily used for treatment
planning purposes as it provides an estimate of the electron density distribution in the
patient, required for dose calculations by the treatment planning systems. MRI is often
employed in order to take advantage of the superior soft tissue contrast it exhibits,
which is necessary for tumor and soft tissue delineation [1,103]. Especially for brain
tumor localization, MRI provides unsurpassed soft tissue contrast (as shown in Figure
3-1), following administration of appropriate contrast agents. Incorporating MRI in
treatment planning also significantly reduces inter- and intra-observer contouring
variability for many disease sites [103]. However, employing MRI in radiotherapy
treatment planning comes at the expense of spatial accuracy due to the related geometric

distortions.

The two imaging modalities are often combined, following a spatial co-registration
procedure. In addition to MR-related geometric distortions, the registration process
involved introduces an additional spatial uncertainty which has been reported to reach
up to a few millimeters for cranial scans [53]. Patient positioning uncertainties,
cranial/tumor motion during treatment [54], as well as dose delivery system mechanical
uncertainties could also compromise radiation dose delivery accuracy. Nevertheless, in
the vast majority of extracranial irradiations, spatial uncertainties are taken into account
by introducing margins to the defined clinical target volumes. In specific, the contoured
target is deliberately expanded in order to determine the planning target volume (PTV).
Planning of radiation dose delivery and relevant dose distribution calculations are
performed by regarding the PTV as the final target.
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Over the last decades following the technological advancements, several advanced
radiotherapy treatment techniques have emerged and are being increasingly used in
clinical practice. Intensity Modulated Radiation Therapy (IMRT), Volume Modulated
Arc Therapy (VMAT), SRS, Stereotactic Body Radiation Therapy (SBRT) as well as
proton therapy (PT) are treatment delivery techniques which employ steep dose
gradients to achieve high target conformance and coverage while sculpting dose away
from critical organs. Higher dose conformity, however, requires and inspires stricter
spatial uncertainty tolerances. This is particularly true for SRS applications, in which
high dose levels are delivered in a single or few fractions. This thesis mainly focuses

on the use of MR images in SRS treatment planning.

Figure 3-1: Examples of the superior soft contrast in MR compared to CT for brain tumor delineation. (a, ¢) Axial
slices of a patient with multiple brain metastases. (b, d) Same slices acquired with MRI, following administration of
contrast agent.
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3.2 Historical overview of Stereotactic Radiosurgery

SRS is a well-established treatment approach for the management of a wide variety of
lesions, mainly in the brain [7,13,22,23,104-107]. The efficiency of this technique is
based on the precise delivery of accurately registered dose distributions to the target,
facilitating restriction of the absorbed dose to the surrounding critical structures [108].
Using steep dose gradients, dose is delivered in a single or a few dose fractions [63].

Lars Leksell is considered as the pioneer in SRS. In 1951, he adapted methods
employed in stereotactic surgery to external radiation dose delivery [109], even though
stereotactic surgery was still in its early stages as well [110]. The first SRS procedures
were done using an orthovoltage X-ray tube and a stereotactic frame mounted on the
patients, for the treatment of trigeminal neuralgia [108]. He also invented the term
stereotactic radiosurgery. Orthovoltage x-ray tubes were abandoned and efforts were
made to apply SRS using proton beams. The invention of Gamma Knife (GK) in 1968
by Lars Leksell and his colleagues is certainly a milestone in the history of SRS. In the
first model, the treatment delivery unit consisted of 179 ®Co sources placed within a
spherical sector, all focusing at a single point [111].

The development of linac-based SRS is set in the 1980°s [112—-117]. Compared to the
GK, linear accelerators were less expensive, ubiquitous and provided a greater variety
of collimators which allowed for the use of single isocenters when treating patients with
larger targets. A debate regarding the merits of GK in comparison with linac-based SRS
soon emerged [108]. In the 1990’s, introduction of advanced stereotactic frames raised
another debate related to fractionation [63,108]. Non-invasive frames allowed for SRS
dose delivery in a few fractions in contrast to the conventional approach of single
fraction SRS [118]. Fractionated SRS is often referred to as stereotactic radiation
therapy (SRT), although this debate has not been settled yet [108,119].

In the same decade, a 6MV linear accelerator was attached to the end of a commercially
available industrial robotic arm which led to the invention of the CyberKnife system by
John Adler. The goal was to apply SRS to extracranial anatomical sites and, therefore,

the stereotactic frame had to be omitted [108], introducing frameless SRS. CyberKnife
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SRS has significantly evolved, proven successful for intracranial targets [120-122]
while it has been applied to several other anatomical sites such as the spine, the lung
and the prostate [123-125].

Today, apart from the GK and CyberKnife (commercialized by Elekta and Accuray,
respectively), several other SRS treatment planning systems and/or treatment delivery
units have been introduced by various vendors such as BrainLab, Varian and Radionics.
Regarding the management of multiple brain metastases (i.e., the main focus of this
thesis), SRS is being increasingly used as the sole treatment technique or adjuvant to
whole brain radiation therapy (WBRT) [126], demonstrating longer survival rates
compared to WBRT alone [127].

3.3 The Gamma Knife Perfexion system

For single-fraction SRS applications, the GK system is mainly comprised by the
treatment delivery unit, the Leksell stereotactic frame and the GammaPlan treatment

planning system.

In this section, the individual components are briefly described. Emphasis is given in
the definition of the stereotactic space as well as the image registration procedure of the
planning image coordinate system to the stereotactic space, as more relevant to the

scopes of this thesis.

3.3.1 The GK Perfexion treatment delivery unit

Several GK models have been introduced in the market, including the models U, B, C,
AC and Perfexion™ [128]. The underlying concept behind all introduced GK treatment
delivery units is the use of 192-201 ®Co sources of high specific activity and a
collimator system that focuses the emitted photon beams to a specific point within the
stereotactic space, often referred to as the Unity Center Point (UCP). This design allows
for multiple beam deliveries simultaneously, reducing the dose delivered to the
surrounding healthy tissue and achieving high dose gradient in the vicinity of the UCP.
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The current model of the GK irradiation unit is the Perfexion, in which sources
configuration was entirely redesigned. Compared to previous models, where all (201)
%0Co sources are fixed on a truncated hemispherical surface exhibiting a constant source
to focus distance (SFD) of ~400 mm, in Perfexion the 192 *°Co sources are equally
distributed over 8 sectors in a cylindrical configuration consisted of 5 rings exhibiting
SFDs varying from 374 to 433 mm [128-132]. Each sector can be moved independently
along a conical surface to facilitate alignment of the sources with any of the three
available collimation channels, labeled as 4 mm, 8 mm and 16 mm. A graphical
representation of the PFX sources configuration is given in Figures 3-2(a) and (b).
Provided, however, that sectors’ motion does not include rotations, accurate source-
channel alignment is only achieved for the 4 mm collimator, whilst for the 8 mm and
16 mm collimators the corresponding alignment is hindered by a small geometric shift
and tilt (see Figures 3-2(c) and (d)) [131].

Collimation channels are drilled on a 120 mm thick, cone-shaped shielding block made
of tungsten [131]. There are 576 channels in total, 192 for each collimator size. Each
channel comprises several coaxial cylinders of varying radii depending on collimator
size and source ring. The radioactive sources consist of cylindrical ®°Co pellets of 1 mm
radius and 1 mm height. The number of pellets and, hence, the total height of a source-
cylinder varies from 10 to 20 pellets according to the specific activity of each pellet
(with a nominal value of 17-18 pellets) in order to deliver an isotropic dose distribution
at the UCP [133,134]. Each %°Co source is housed by an aluminum-based bushing
enclosed in a stainless steel capsule [131]. In Figures 3-2(c) and (d) the actual geometry

of the sources in Perfexion is graphically illustrated.
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Figure 3-2: (a) A graphic illustration of the actual geometry of the Perfexion irradiation unit. Each sector
accommodates 24 5°Co sources, which are arranged in five rings and can be independently moved upon a conical
surface to align with the channels of any of the three available collimator sizes. (b)—(d) Pictorial description of the
comprehensive Perfexion simulation model developed for Monte Carlo dosimetric calculations. (b) A cross-sectional
view (plane xz) of the simulation model geometry for the case that all sources are aligned with the 16 mm collimation
channels. The following parts are distinguishable: (i) the source bushing (yellow), (ii) the primary collimator
consisting mainly of Pb (cyan), (iii) the secondary collimation system consisting mainly of tungsten (dark blue) and
(iv) the spherical phantom used to obtain dosimetry results (red). (c) A 8°Co source is accurately aligned with the
collimation channel of the 4 mm collimator. The ®Co pellets are depicted in magenta. (d) The same source has been
moved and positioned to deliver a 16 mm shot. A small geometric shift and tilt is induced between the source’s
central axis and the collimation channel. In sub-figures (c) and (d), note that the capsule (light blue) interleaves the
space between the source and the collimation channel, while this is not the case for the bushing part.

3.3.2 The Leksell stereotactic frame and stereotactic space

Efficiency of an SRS application relies on spatially accurate dose delivery to the target.
Towards that end, stereotactic frames are often used for patient immobilization and
definition of the stereotactic space, in which targets and critical organs have been
registered during patient imaging and treatment planning. Such minimally-invasive
frames are also used in stereotactic surgery. In fractionated SRS, however, frames are
usually replaced by thermoplastic masks (facemasks) and accompanying patient motion
detection systems [135].
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In single-fraction GK SRS, the Leksell stereotactic frame model G is used for these
purposes. It consists of the CT and MR indicator boxes (used in CT and MR imaging,
respectively), the Leksell stereotactic frame model G (hereinafter, will be referred to as
frame), and other auxiliary apparatuses [136]. The CT or MR indicator box is used to
determine target coordinates using a system of N-shaped fiducials located at the L, R
and P sides of the patient. The frame consists of a rectangular base ring (hereinafter,
will be referred to as frame base) (shown in Figure 3-3) and four posts which are
attached to the patient’s head using four pins (shown in Figure 3-4). The indicator box
is fixed on the ring using snap-on clips. The front piece of the frame base (i.e., A patient
side) is removable and is either straight or curved [48,49]. In both cases the frame base
forms a closed loop. In Figure 3-4, all the main parts comprising the Leksell frame are
highlighted.

Figure 3-3: (a) The frame base of the Leksell stereotactic frame model G. (b) The MR indicator box. Images taken
from [elekta.com].

The Leksell stereotactic space is defined by the MR and/or CT indicator boxes (Figure
3-3(b) and Figure 3-4) which incorporate the system of N-shaped fiducials. In
particular, the fiducials provide adequate contrast in the CT or MR image stacks and,
therefore, on any axial, sagittal or coronal slice they are identified as three bright marks
on each side. An example of a CT and MR cranial image of a patient with the frame
and the indicator box fixed is shown in Figure 3-1. Identification of the six marks and

calculation of relative distances between them provides the necessary information of




the slice location within the stereotactic space. It is crucial that these marks are correctly
identified and that the image is not severely distorted or defected in the vicinity of the

fiducials, as this would result in mis-registering their locations [137].

MR
indicator

N N-shaped

Minimally- 4 fiducial
invasive pin : '

Figure 3-4: All parts comprising the Leksell stereotactic frame model G. The frame base and the MR indicator box
are fixed on a distortion detection phantom.

In response to the increasing trend for fractionated SRS treatment schemes
[63,135,138], the vendor has introduced frameless treatment protocols by incorporating
a cone-beam CT to the Perfexion treatment delivery unit. Patient immobilization is
performed using a thermoplastic mask system, while an infrared-based high-definition
motion management camera is used for patient tracking during treatment [139]. The
new model is commercialized as Icon™. Prior to treatment delivery of each fraction, a
cone-beam CT scan of the patient is performed on the GK treatment couch, after having
applied the thermoplastic mask [140,141]. The stereotactic space can be defined
directly on the acquired cone-beam CT images. However, the spatial registration
process is still not avoided, as the images need to be spatially co-registered with the

MR images used in treatment planning for target and critical organ definition.




In frameless or not, fractionated or not, GK SRS applications, MR images play the most
significant role which is target identification and accurate localization. Transformation
from the MR coordinate system to the stereotactic space is performed by the

GammaPlan treatment planning system.

3.3.3 Dose calculation and image registration in the GammaPlan treatment

planning system

The GammaPlan treatment planning system [133,142] is provided by the GK vendor
(Elekta). It comprises all the necessary tools for preparing an SRS treatment plan,
calculating the 3D dose distribution and providing plan evaluation and acceptance

metrics.

The TMR-10 is the most widely used version of the dose calculation algorithm,
incorporated in GammaPlan version 10 and onwards. TMR-10 dose algorithm enables
the calculation of dose at arbitrary points in the head. The algorithm models all tissues
in the head as water, and, therefore, is referred to as “water-based” algorithm by the
vendor [133]. In other words, TMR-10 does not take into tissue inhomogeneities, such
as bone structures and air cavities (e.g., the sinuses) and considers the entire head as
water. The 3D dose distribution in the head is calculated by using pre-calculated dose
profiles (based on Monte Carlo calculations) and other parameters such as output
factors for the three collimators [131,143], attenuation coefficients, virtual SFDs and
others [133]. Since no tissue heterogeneities are considered, the distribution of CT
numbers in the patient geometry is not required for TMR-10 calculations. The only
requirement for dose calculations is the definition of the patient’s external contour.
Although this approximation might raise concerns related to the accuracy of dose
calculations in and around inhomogeneities, it enables MR-only treatment planning
without the need and the uncertainty related to bulk Hounsfield Unit (HU) assignment.
In the vast majority of single fraction GK SRS applications, MRI is the sole imaging
modality for treatment planning purposes. The vendor has also introduced a collapsed-
cone convolution algorithm, referred to as Convolution [142] in the GammaPlan
version 10 and later. In contrast to TMR-10, this algorithm takes into account tissue

inhomogeneities and, therefore, dose calculations are performed using a CT scan of the

77



patient’s head. MRI only treatment planning is not an option when using the
Convolution algorithm for dose calculation. Currently, the Convolution algorithm is

not widely used in clinical practice.

One of GammaPlan’s key features is the capability of spatially registering the MR or
CT image coordinate system to the stereotactic space [137,144]. This can be achieved
by automatically identifying in the image stack the system of N-shaped fiducials of the
MR or CT indicator box. Location of N-shaped fiducials is fixed within the stereotactic
space. The rigid transformation that best registers the fiducials defines the
transformation matrix between the image stack coordinate system and the stereotactic

space.

For frameless GK Icon applications, the spatial registration process is not fiducial-
based. The rigid transformation matrix between cone-beam CT and MR images used in
treatment planning is calculated using mutual information-based algorithm and the

patient anatomy.

In a frame-based or frameless, single-fraction or fractionated GK SRS workflow,
severely distorted MR images could significantly affect the transformation matrix

calculated by GammaPlan.

3.4 MRI protocols for stereotactic radiosurgery treatment

planning

Cranial SRS is routinely employed for the management of several lesions such as single
or multiple brain metastases, acoustic neuromas, meningiomas, arteriovenous
malformations, trigeminal neuralgia and others. In all these cases, MRI can provide
unsurpassed soft-tissue contrast (compared to CT) between the lesion and surrounding
healthy tissues, in adequately high 3D spatial resolution. Therefore, MRI is routinely
used in SRS treatment planning for target localization and delineation, regardless of
whether the treatment protocol is CT-based or MRI-only, fractionated or frame-based,

etc.
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In frame-based GK SRS, the frame and the indicator box define the stereotactic space
(see Section 3.3.2) and, therefore, both need to be mounted on the patient during MR
image acquisition. Thus, the first step of the MR scanning protocol is to fix the
minimally invasive frame on the patient using the four pins. The MR indicator box is
then mounted on the frame base using the clips. For MR signal acquisition, a specially
designed head coil is always used which allows adequate space for the frame and the

indicator box.

Figure 3-5: The minimally invasive Leksell stereotactic frame is firmly fixed on the patient using the four pins, prior
to MR image acquisitions. The MR indicator box should also be fixed (not shown here). Images taken from [Elekta
official youtube channel].

T1lw contrast enhanced MR images are usually acquired, although additional T2
weighting pulse sequences can be used, depending on the clinical case. More
specifically, the protocol often involves a gadolinium-enhanced 3D T1lw GE pulse
sequence with a high receiver bandwidth (e.g., 217 Hz/pixel in 1.5T) selected in order
to minimize sequence dependent distortions. An intravenous injection of 0.1 —0.2 mmol
per kg of body mass of Gd-DTPA, which shortens the T1 relaxation time of brain
lesions taking up such agents, is performed just before the imaging session. Depending
on the MR manufacturer and model, the exact pulse sequence and parameters used may
differ. In Philips scanners, protocols labelled as “T1-FFE” or “3D TFE” can be
employed. In GE Healthcare, similar sequences are named “FSPGR BRAVO” or
“FSPGR”, while for Hitachi and Siemens scanners one can use the “MP-RAGE” [46].
T2w images often involve the 3D balanced T2w fast field echo (3D T2w b-FFE) pulse




sequence which provides high spatial resolution images with a high signal-to-noise
ratio and a high contrast-to-noise ratio and is supplementarily used for better

visualization of the lower cranial nerves [145,146].

In frame-based, single-fraction GK applications, following the imaging session, the
frame is not removed until the end of the treatment delivery. Re-fixing the frame would
result in re-defining the stereotactic space and, thus, the determined target coordinates

would no longer be applicable.

In frameless GK applications, the thermoplastic mask replaces the frame and the

indicator box. Apart from that, the MR scanning protocol remains unchanged.

3.5 Applying margins in stereotactic radiosurgery treatment

planning

In conventional radiotherapy, margins of several millimeters are usually applied around
the identified clinical target volume, defining the target volume to be treated
(acknowledging and tolerating potential spatial dose delivery discrepancies). However,
this approach cannot be directly adopted in brain single-fraction SRS for single or
multiple target(s) irradiation because radiation-induced toxicity is directly associated
with the irradiated brain volume [55-57]. In specific, if the volume of brain receiving
at least 10 Gy (Viogy) and 12 Gy (Vizgy) is larger than 12.6 cm?® and 10.9 cm?,
respectively, the risk of brain radionecrosis has been reported to reach 47%. The rate is
reduced to 10%, if V12cy drops to 8.5cm?® [55]. Symptomatic or asymptomatic radiation
induced brain necrosis, i.e., the disruption of healthy neurons due to cell necrosis, is the
most common side effect in cranial SRS. The symptoms of radiation induced brain
necrosis depend on the location and function of the brain at the injury site. These
symptoms can range from headaches, fatigue, nausea, imbalance, extremity

weakness/numbness, speech deficits, and seizures to a combination of the above [58].

On the other hand, any potential spatial dose delivery discrepancies to the GTV (due
any spatial errors involved, such as MR image distortion, spatial registration, patient
positioning or motion) could compromise treatment efficiency, resulting to reduced

local tumor control. Therefore, introduction of a margin of 1 mm around the GTV,
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defining the target, has been reported to significantly increase (e.g., from 51% to 90%
[59]) the tumor local control rate [17,59]. Applying larger (2 or 3 mm) margins
significantly increases the risk for radiation induced toxicity (e.g., up to 25% for a 2mm-
margin [60]) without warrantying higher local control rates [17,61]. The discussion on
margin restrictions becomes even more complicated if fractionated SRS is also
considered [62] which has been reported to tolerate necrosis better compared to single-
fraction SRS schemes [63].

In any case, it is crucial to restrict the irradiated volume, Vi2cy, at the lowest levels
possible but without risking to compromise the treatment outcome. This very sensitive
balance between the necessity for applying margins and the higher risk for radiation
induced side effects in cranial SRS applications sets the motivation of this thesis to deal

with MR images employed in SRS treatment planning.
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PART B: MR DISTORTION
ASSESSMENT
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4 System-related geometric distortions
in MR images employed in Gamma
Knife radiosurgery applications

Summary

This work provides characterization of system-related geometric distortions present in
MRIs used in GK frame-based SRS treatment planning.

A custom-made phantom, compatible with the Leksell stereotactic frame model G and
encompassing 947 control points (CPs), was developed and utilized. MR images were
obtained with and without the frame, thus allowing discrimination of frame-induced
distortions. In the absence of the frame and following compensation for field
inhomogeneities, measured average CP displacement owing to gradient nonlinearities
was 0.53 mm. In presence of the frame, contrarily, detected distortion was greatly
increased (up to about 5 mm) in the vicinity of the frame base due to eddy currents
induced in the closed loop of its aluminum material. Frame-related distortion was
obliterated at approximately 90 mm from the frame base. Although the region with the
maximum observed distortion may not lie within the GK treatable volume, the presence
of the frame results in distortion of the order of 1.5 mm at a 7 cm distance from the
center of the Leksell space. Additionally, severe distortions observed outside the
treatable volume could possibly impinge on the delivery accuracy mainly by adversely
affecting the registration process (e.g., the position of the lower part of the N-shaped
fiducials used to define the stereotactic space may be miss-registered). Images acquired
with a modified version of the frame developed by replacing its front side with an
acrylic bar, thus interrupting the closed aluminum loop and reducing the induced eddy

currents, were shown to benefit from relatively reduced distortion.

System-related distortion was also identified in patient MR images. Using

corresponding CT angiography images as a reference, an offset of 1.1 mm was detected
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for two vessels lying in close proximity to the frame base, while excellent spatial

agreement was observed for a vessel far apart from the frame base.

4.1 Introduction

In this Section, a systematic evaluation of system-related distortions arising from
sequence independent distortions in MR images used in GK SRS treatment planning is
presented. Emphasis is also placed on the geometric warping induced by the presence
of the Leksell stereotactic frame (see Section 3.3.2). For this purpose, a novel prototype
MRI phantom compatible with the Leksell stereotactic system was designed and
constructed, whilst a suitable methodology was developed and implemented.
Furthermore, a modified version of the Leksell stereotactic frame base was used and
evaluated in terms of distortion induction. In addition, MR patient images from the
brain stem region were studied with regard to distortions possibly associated with the

stereotactic frame base.

4.2 Materials and methods

4.2.1 Phantom study

4.2.1.1 Phantom design

A custom-made acrylic-based phantom was designed and developed for intracranial
MRI scans (Figure 4-1(a)). In particular, the phantom encompasses three axial planes,
one coronal plane and one sagittal plane (4 mm thick each), on which 947 holes (3 mm
in diameter) are drilled. The centers of mass of these holes serve as CPs for geometric
distortion detection. More specifically, there is one CP every (10+£0.1) mm on every
plane, while the axial planes are 4 cm apart from each other. The holes were drilled
using a Computer Numerical Control (CNC) router which exhibits an excellent spatial
accuracy of 0.1mm. Phantom’s maximum external dimensions are approximately 17.4,
17.4 and 17.7 cm on the A-P (y-axis), L-R (x-axis) and S-I (z-axis) directions,
respectively, although the shape is not rectangular (see Figures 4-1(a)-(c)). The
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phantom’s total size and shape were carefully designed so that it can fit in a typical
head-coil (Figure 4-1(d)). CP distribution ensures that the edges of the available space
are also monitored. The phantom is rigidly fixed on a 2cm-thick acrylic base for
additional mechanical support which also serves as an adaptor to the Leksell mounting
arm. The external size and shape of the phantom base is similar to the Leksell
stereotactic frame. In terms of imaging, the phantom is both CT and MR compatible.
In the latter case, however, it must be filled with standard copper sulfate solution,
commonly used in MR phantoms [147,148].

Figure 4-1: (a) The developed phantom. (b) The Leksell indicator box mounted on the phantom. (c) The Leksell

stereotactic frame model G also fixed on the phantom. (d) The phantom being placed in the head coil used in

intracranial MRI scanning for Gamma Knife radiosurgery treatment planning.
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Additionally, the phantom was carefully designed to accurately fit to the Leksell
indicator box and stereotactic frame (Figure 4-1(c)), employed during MRI scans for
GK SRS treatment planning. However, the indicator box can also be attached to the
phantom without the frame by mounting it directly on the thick acrylic base, as shown
in Figure 4-1(b). This feature offers the possibility to evaluate for frame-induced
geometric distortion by comparing CP displacements derived with and without the

presence of the frame.

Table 4-1: Summary of the MR imaging protocol used in the phantom study

Pixel

Scan Slice Read gradient ban(;)\:\;dth Voxel Frame
Series#  Pulse sequence  orientation  axis & polarity (Hz/px) size (mm?) used
1 3D Tiw GRE Axial A-P (y-axis) 217 0.82x0.82x1 nF
2 3D T1w GRE Axial P-A (y-axis) 217 0.82x0.82x1 nF
3 3D Tiw GRE Axial A-P (y-axis) 217 0.82x0.82x1 F
4 3D T1w GRE Axial P-A (y-axis) 217 0.82x0.82x1 F
5 3D T1w GRE Axial L-R (x-axis) 217 0.82x0.82x%1 F
6 3D T1lw GRE Axial R-L (x-axis) 217 0.82x0.82x1 F
7 3D T1w GRE Axial A-P (y-axis) 217 0.82x0.82x1 mF
8 3D Tiw GRE Axial P-A (y-axis) 217 0.82x0.82x%1 mF
9 3D T2w b-FFE coronal S-1 (z-axis) 145 0.53%0.53%0.8 nF
10 3D T2w b-FFE coronal S-1 (z-axis) 145 0.53x0.53%0.8 F

Abbreviations: A = Anterior, P = Posterior, L = Left, R = Right, S = Superior, | = Inferior, nF = no Frame used, F

= Frame used, mF = modified Frame used

4.2.1.2 Frame modification

A modified version of the aluminum frame base was also used. In particular, the

exchangeable anterior side of the base was removed and replaced by an acrylic bar of
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the same length. The acrylic interrupted the closed aluminum loop of the frame without
compromising its mechanical integrity. This slight modification aimed at exploiting the
fact that eddy currents induced in media without closed loops are much smaller than
those in closed loops [36,50].

4.2.1.3 Image acquisition

The phantom, filled with the copper sulfate solution, was scanned by a Philips Achieva
1.5 T MRI scanner (Philips Medical Systems, The Netherlands, BV). The phantom was
positioned so that the center of the indicator box (corresponding to (100,100,100) of
the Leksell space) coincides with the MRI scanner’s isocenter (corresponding to (0,0,0)
of the MRI coordinate system). Table 4-1 summarizes the imaging protocol employed.
In all MR sequences performed, the distortion correction option implemented in the
manufacturer software, accounting mostly for gradient nonlinearities induced
distortion, was — by default — enabled. Pulse sequences selected included a 3D T1lw
gradient recalled echo (3D T1w GRE) pulse sequence (TE = 4.6 msec, TR = 25 msec,
FA = 30° 0.82 x 0.82 x 1 mm?3 voxel size), as well as a 3D balanced T2w fast field
echo (3D T2w b-FFE) pulse sequence (TE =3msec, TR = 5msec, FA =50°, 0.53 x 0.53
x 0.8 mm? voxel size). The 3D T1w GRE sequence used is an optimized sequence in
terms of geometric distortions, signal-to-noise ratio and contrast-to-noise ratio,
routinely used in patient imaging for target and organ at risk delineation. The 3D T2w
b-FFE sequence provides high spatial resolution images with a high signal-to-noise
ratio and a high contrast-to-noise ratio and is supplementarily used for better
visualization of the lower cranial nerves [145,146]. To highlight sequence independent
distortions arising from gradient nonlinearities, the aluminum frame was removed to
exclude frame induced distortion and the reverse read gradient technique [42] was
employed (Table 4-1, series #1-2) to eliminate sequence dependent distortions arising
from susceptibility artifacts and Bo inhomogeneity (see Section 4.2.1.4). To separately
study frame induced distortions, additional scans were acquired with the frame mounted
on the phantom, using either the clinically used assembly (i.e., with the exchangeable
anterior aluminum side of the frame base on) (series #3-6) or its modified version (i.e.,
the exchangeable part replaced by an acrylic bar of the same length) (series #7-8).

Moreover, the 3D T2w b-FFE sequence was run without and with the frame (series #9-
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10) to investigate the source of the increased distortion regarding the position of the
fiducials observed when this sequence is clinically used for optic nerve delineation in
GK applications with the frame on. To increase clarity of the text, hereinafter,
throughout this Chapter image series acquired with the frame fixed on the phantom will
be labelled as “F”, without the frame as “nF” and with the modified frame as “mF”.
Finally, the phantom was emptied and CT scanned in order to obtain the reference CP
distribution. Data were acquired at 120 kVp by a SIEMENS SOMATOM Definition
scanner (Siemens Healthcare, Erlangen, Germany) and images were reconstructed with

a voxel size of 0.45 x 0.45 x 0.6 mm?.

4.2.1.4 Data analysis

MR image series #1-2 nF, 3-6 F and 7-8 mF (Table 4-1) and the CT image stack were
imported to MATLAB (The MathWorks, Inc., Natick, MA) for analysis. In-house
routines were developed for CP localization and were applied to both MRI and CT
datasets. As a first step, edge detection was performed exploiting the sufficient contrast
between acrylic and copper sulfate solution in MR images, as well as acrylic (typical
HU number of 220) and air in CT images (the phantom was CT-scanned empty). Figure
4-2 demonstrates an indicative axial slice of the performed MRI (specifically image
series #1 nF) and CT scans located within a slab encompassing holes. A simple intensity
thresholding step was adequate to cut off the holes resulting in a binary 3D image
containing identified objects which consisted of CPs, areas of low signal-to-noise and
random noise. The unique threshold level was selected after a try-and-error iterative
procedure by the user in order to determine the optimum signal level that best cuts off
noise and artifacts. Objects consisting of significantly lower or higher number of voxels
than predefined limits were automatically excluded. A visual inspection of the
identified objects was also performed by the user to ensure that obtained data did not
involve any artifacts or considerable noise. CP locations were then determined as the
centers of mass of the resulting 3D binary objects. Further, CPs identified in the forward
read gradient polarity scan (series #1 nF, 3 F, 5 F, 7 mF) were paired with the
corresponding ones in the reverse polarity scan (series #2 nF, 4 F, 6 F, 8 mF) by
following the known design template. Finally, "average" CP distributions were

obtained by calculating the average position of paired CP locations. Provided that the
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bandwidth remains unchanged, this procedure eliminates sequence dependent
distortion (i.e., stemming from Bo inhomogeneity, chemical shift and susceptibility
differences) which is known to change sign with respect to read gradient polarity
[25,27,39,42,149,150], as analyzed in Chapter 2. This particular step was necessary to
effectively cancel out phantom-induced distortion originating from susceptibility
differences. Resultant "average” CP distributions, therefore, are associated with
system-related distortion only, mainly stemming from gradient nonlinearities which are
known to remain unaffected by read gradient reversal. This type of distortion can be
revealed by comparing them with the reference CP locations identified in CT images.
In view of that, the CT and MRI coordinate systems were co-registered. For this
purpose, a rigid transformation was established after four CPs around the MRI
scanner’s isocenter were chosen and manually matched with the corresponding ones in
the CT image stack. Accuracy of this step lies on two premises. First, CT images are
characterized by negligible distortion and regarded as the reference dataset. This is a
commonly followed approach [27,33,94-96]. Moreover, the four CPs manually
selected to define the rigid transformation between the CT and MRI coordinate systems
are subject to minimum distortion owed to gradient nonlinearities. This is considered
to be true around the isocenter where scanners show optimum performance, while

spatial accuracy deteriorates at the field of view edges [1,28,33,95].

4.2.1.5 Uncertainty estimation

Uncertainty in distortion detection and evaluation relates to inaccuracies of the CP
localization algorithm applied to both CT and MR series. CP coordinates determination
based on the centroid of binary 3D image objects can be achieved with sub-voxel (i.e.,
sub-mm for this study) accuracy as demonstrated elsewhere [25,94]. To estimate the
uncertainty of the presented results, the accuracy of the CP localization algorithm was
investigated. Specifically, distortion-free CPs should be (10+0.1) mm apart in each
plane according to the design template and assumed mechanical accuracy of the CNC
router. MRI-averaged CPs were randomly chosen around the isocenter and the relative
distances between all neighboring CPs were examined. A total of 40 relative distances
were included. Deviations from the actual CP spacing provided an estimate of the

algorithm’s accuracy. The procedure was repeated for CT-identified CPs. In this case,
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however, CP selection was not limited to the field-of-view center but, instead, expanded

to the edges of the phantom.

Figure 4-2: An indicative axial slice of the performed MR scan series #1 nF (a) and CT scan (b), depicting the high
contrast between CPs and acrylic. The N shaped fiducials of the Leksell localization box are also visible. Presented
images are not spatially co-registered.

4.2.2 Patient study

A recently proposed methodology [10] was employed to obtain patient MR images with
minimal sequence dependent distortions. The technique is specifically presented and
evaluated in Chapter 9. Briefly, this method involves two acquisitions with opposite
read gradient directions and uses the two respective images obtained to deduce an
“average” MR image, thus minimizing sequence dependent distortions. In the present
study, the method was implemented to a patient referred to for arteriovenous
malformation (AVM) by applying the 3D T1w GRE pulse sequence presented in Table
4-1 (series # 3-4 F). Both MR image series were obtained following an intravenous
injection of 0.1 mmol/kg Gd-DTPA contrast agent (see Sections 1.6 and 3.4). Reference
images were obtained by CT angiography (120 kVp, 200 mAs, reconstruction voxel
size of 0.45 x 0.45 x 1 mm®). lodinated contrast was intravenously administered at 5
mL/s for a total of 80-90 mL, following an 80-mL bolus for triggering purposes. All
MR and CT scans were performed with the head frame in place. The acquired CT series

and the derived "average" image series were registered in the Leksell space by
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exploiting the visible fiducial markers in the GammaPlan v.10 treatment planning
system. Selected vessels were carefully contoured in two brain stem regions on the CT
series and then copied and superimposed to the "average" MRI series. As mentioned
above, CT images are supposed to be characterized by negligible distortion while
"average” MR images eliminate sequence dependent distortions arising from
susceptibility artifacts and Bo inhomogeneities. Thus, taking into account MR sequence
independent distortions due to gradient nonlinearities in the regions of interest, as
quantified in the phantom study, frame induced distortions in these regions were
assessed through geometric displacement between contours in the "ground truth” CT

images and corresponding contours prescribed in the "average" MR images.

4.3 Results

4.3.1 Phantom study

Table 4-2 presents the maximum and mean absolute distortions owing to gradient
nonlinearities and frame presence detected by comparing MRI-averaged CP
distributions against corresponding CT-identified CP locations. Mean absolute
distortion without the presence of the frame (series # 1-2 nF), thus reflecting gradient
nonlinearity, was 0.53 mm, with only 2% of the CPs exceeding 1 mm. The largest CP
displacements were detected at the corners of the examined space. Taking the sign into
account, mean values of CP displacements in x (L-R direction), y (A-P direction) and
z (S-1 direction) axes were +0.21, +0.03 and +0.23 mm, respectively, suggesting a
favored directionality towards positive values for the x and z axes. With respect to the
Leksell space, points lying within 5 cm from its center (extracted from 283
corresponding CPs) present maximum gradient nonlinearity distortion of less than 1
mm (Table 4-3). This also stands true for points lying up to 7 cm from the Leksell space

center, i.e., covering the vast majority of the Perfexion treatable region.

Mounting the frame on the phantom during MR scanning (series # 3-4 nF and 5-6 nF)
resulted in a significant increase in mean CP displacements as shown in Table 4-2 (0.95
mm & 0.89 mm, respectively). Maximum values of absolute distortion greatly

increased, especially in x and y axes (Table 4-2). Fraction of CPs exceeding 1 mm of
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absolute distortion raised to about 30%. The distortion increase gets smaller with
distance from the frame base. Thus, as shown in Table 4-3, for points lying within 5 cm
from the center of the Leksell space (i.e., relatively away from the frame base),
distortion is not significantly affected by the presence of the frame and it could be
regarded as similar to that observed without the frame (i.e., a maximum distortion of
the order of 1 mm was observed with or without the frame). However, for points lying
up to 7 cm from the Leksell space center (i.e., points closer to the frame base are
included), the maximum distortion increases to 1.64 mm (Table 4-3).

Table 4-2: Mean and maximum absolute distortion values measured in "average™ MRI datasets. R corresponds to
the total CP displacement (Euclidean distance)

CPs with

"Average" >1mm

Dataset X —axis (mm) Y — axis (mm) Z — axis (mm) R (mm) distortion
Series # Mean Max Mean  Max Mean  Max Mean  Max
1-2nF 0.30 1.06 0.20 0.89 0.29 0.94 0.53 1.10 2%
3-4F 0.48 2.98 0.52 5.69 0.38 1.13 0.95 5.74 28%
5-6F 0.58 3.85 0.38 3.55 0.28 1.23 0.89 3.91 36%
7-8mF 0.27 1.66 0.32 4.72 0.35 1.12 0.65 4.74 10%

Using the modified frame base (series # 7-8 mF) with the acrylic bar replacing the
exchangeable anterior side of the base, frame-induced distortions were substantially
decreased although not eliminated (Table 4-2). Maximum and mean absolute CP
displacements were systematically lower in all axes compared to corresponding results
with the original frame (series # 3-4 nF), whilst the fraction of CPs exceeding 1 mm of
distortion was reduced to 10%. In respect to the Leksell space, points lying up to 7 cm
from its center present a maximum distortion of 1.17 mm compared to a value of 1.64

mm with the original frame and 0.98 mm without the frame (Table 4-3).
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Table 4-3: Mean and maximum absolute distortion values measured in "average" MRI datasets at radial distances
up to 50 mm and 70 mm from the center of the Leksell space. R corresponds to the total CP displacement (Euclidean
distance).

"Average" Radius = 50mm Radius = 70mm
dataset R (mm) R (mm)
Series # Mean Max Mean Max
1-2nF 0.43 0.88 0.48 0.98
3-4F 0.47 1.15 0.60 1.64
5-6F 0.43 0.87 0.53 141
7-8mF 0.39 1.13 0.48 1.17

Figure 4-3 provides an insight with respect to the spatial distribution and directionality
of the detected distortions presented in Tables 4-2 and 4-3. In the absence of the frame
(series #1-2 nF), vectors in Figures 4-3(a),(b) represent displacement between CT-
detected CP locations and respective MRI-averaged ones for an axial and a coronal
plane. Most vectors are hardly visible indicating inconsiderable distortion. In Figures
4-3(c)-(f), corresponding data are shown with the frame fixed on the phantom during
the MRI scans (series # 3-4 F and 5-6 F). Severe frame-induced distortion is evident in
regions neighboring the frame base (contoured in Figures 4-3(c)-(f)), while minimal or
no displacement is observed in distant areas. Distortion magnitude decreases rapidly
with respect to distance from the frame base. Distortion vectors did not change sign
with respect to read gradient (or frequency encoding) axis (y in Figures 4-3(c),(d) and
x in Figures 4-3(e),(f)) and were always directed towards the center of the frame base.
It is evident that, as also presented in Table 4-2, choice of read gradient axis influences
spatial distribution and maximum values of frame-induced distortion. As an instance,
distortion vectors lying at the A side of the phantom in Figure 4-3(c) (read gradient on
y (A-P) axis) are increased with respect to corresponding ones in Figure 4-3(e) (read
gradient on x (L-R) axis). Contrarily, vectors close to the L and R sides of the frame in

Figure 4-3(c) are smaller than corresponding ones in Figure 4-3(e).
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Figure 4-3: Distortion vectors for the axial (a),(c),(e) plane close to the phantom and frame base (see Figure 4-1)
and the coronal (b),(d),(f) plane of the phantom. Initial points correspond to CT-identified CP locations while
terminal points to MRI-averaged ones. Distortion vectors correspond to analysis performed for image series 1-2 nF
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(@),(b), 3-4 F (c),(d) and 5-6 F (e),(f) (see Table 4-1). For figures (c)-(f), the contour of the frame base is also
depicted. All vectors’ lengths have been magnified by a factor of 3 to facilitate readability. The MR scanner’s
coordinate system is adopted. Note that in (c) and (e) frame base is projected on the axial plane as it actually lied
at a distance of approximately 15 mm towards negative z axis. The gray dashed lines on figures (b),(d),(f) highlight
location of the axial planes shown in figures (a),(c),(e), respectively. The yellow mark on frame base depicts the
reference point for distances presented in Figure 4-4.

Figure 4-4 presents a quantitative analysis of distortion magnitude detected in the four
"average" datasets. For the phantom's coronal plane shown in Figures 4-3(b) and (d),
absolute distortion values for 72 CPs lying within a selected region of interest is
presented against their radial distance from the reference point on the frame base (also
depicted in Figure 4-3). Corresponding values related to distortion shown in Figure
4-3(b) (series #1-2 nF) are also included to facilitate comparison. In this case, it is noted
that distortion slightly decreases with radial distance from the reference point, as the
distance from the isocenter is shortened. For image series #3-4 F, distortion magnitude
reaches inacceptable levels in the vicinity of the frame base and drops to corresponding
values of image series #1-2 nF at a radial distance of approximately 90 mm. Similar
results were obtained for image series #5-6 nF. Results related to the modified frame
(series #7-8 mF) reflect the effected decrease in distortion magnitude for short radial

distances (Figure 4-4).
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Figure 4-4: Total magnitude of detected CP displacements for three MRI-averaged datasets, image series #1-2 nF,
3-4 F and 7-8 mF. Distortion of 72 CPs is presented against their radial distance from the reference point on the
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frame base (depicted in figure 3). Although the frame was not fixed in image series #1-2 nF, corresponding data
using the same reference point are also included for comparison. Dashed lines correspond to fitted trend lines of
the form y=a/x + b to guide the eye.

Figure 4-5 presents an indicative coronal slice of the phantom acquired with the 3D
T2w b-FFE pulse sequence. In the presence of the frame (Figure 4-5(a)), the phantom’s
external shape appears deformed in the areas neighboring the frame base compared to
its depiction without the frame (Figure 4-5(b)). Specifically, the phantom edges appear
to incline towards the center of the frame base, in accordance with results presented in
Figure 4-3. Shift of the indicator box N-shaped fiducials lying close the frame base is
also pronounced (Figure 4-5(a)), breaking down co-linearity between fiducials
premised to define the Leksell stereotactic space. In Figure 4-5(b), horizontal distance
(L-R direction) between the inferior fiducial marks measures 189 mm. In the presence
of the frame base (Figure 4-5(a)), this distance measures 184 mm. Moreover, the
vertical distance (S-1 direction) between corresponding marks also appears reduced by
approximately 1 mm in Figure 4-5(a). It is noted however that distortion analysis based
on the CPs revealed that distortion magnitude is comparable to that observed for image
series #3-4 F and 5-6 F, thus being increased reaching inacceptable levels only in the
vicinity of the frame base and dropped to corresponding values of image series #1-2 nF

at a radial distance of approximately 90 mm.

Results of the performed uncertainty test are summarized in Table 4-4. Mean absolute
deviation was found to be less than 0.1 mm for both MR1 and CT datasets. In the most
conservative approach for "average" MRI data, the method’s accuracy is determined by
adopting the maximum detected deviation among the 40 relative distances examined.
Taking also into account the mechanical accuracy of 0.1 mm, the quadrature sum equals
0.2 mm. Consequently, spatial accuracy related to the CP localization algorithm for

sequence independent distortion detection is 0.2 mm or better.
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Figure 4-5: Coronal slice acquired by employing the 3D T2w b-FFE sequence with (a) and without (b) the frame
fixed on the phantom (the one sagittal and the three axial acrylic planes are evident in both images). Fiducials from
the indicator box are highlighted using red circles. Red dashed lines have been manually drawn to examine co-
linearity between fiducials. Red arrows point to severe deformation of the phantom’s external shape close to the
frame base.

Table 4-4: Uncertainty related to the CP localization algorithm

Deviation between actual and measured

CP distances (mm)

Dataset Mean £ 1 std? Max

MRI-averaged
(series # 1-2 nF)

0.07 £0.04 0.17

CT 0.04 £0.02 0.10

2 one standard deviation of the average absolute value.

4.3.2 Patient study

Figures 4-6 and 4-7 present indicative axial images and sagittal reformats from the CT
angiography, along with corresponding images from the “average”, Gd-enhanced MRI,
performed on the AVM patient. In Figure 4-6, two feeding vessels lying close to the
frame base (about 5 mm in Z axis and 80-90 mm in X and Y axes from the frame base),

but still within the GK Perfexion treatable area, were contoured on the reference CT
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images and superimposed to the “average” MRI ones. A geometric offset of 1.1 mm is
observed between the "ground truth”, CT-contoured vessels and the same vessels as
identified in the "average" MRI series. Contrarily, as shown in Figure 4-7, for another
vessel located at a significant distance from the frame base (more than 15 cm), CT-

contours are in excellent geometrical agreement with the Gd-enhanced vessels.

Figure 4-6: Snapshot of Leksell GammaPlan v.10 treatment planning system. Post-Gd axial image (left) and sagittal
reformat (right) of the derived "average" MRI dataset (top row), along with corresponding CT-angiography images
(bottom row) in the brain stem area of the scanned patient. The vertebral arteries lying in the vicinity of the frame
base, but still within the treatable area with Perfexion, were contoured (red polygons) at the level of the foramen
magnum on the CT series and superimposed to the MRI series.
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Figure 4-7: As in Figure 4-6, but in this case the contoured vessel (part of the superior cerebellar artery) is now
lying at a significant distance (more than 15 cm) from the frame base.

4.4 Discussion

Several 3D phantoms for the detection and evaluation of MRI-related distortions have
been presented in the literature. However, the vast majority are body-sized
[27,28,33,92-96,151], focusing on large field-of-views which are more prone to
geometric distortions. Despite the high demand for spatial accuracy in intracranial SRS,
studies reporting on distortion associated with the hardware and imaging parameters
specifically used in such applications are quite limited [25,152,153]. In specific, the
cylindrical phantom (170 mm in diameter) used in Mack et al [152] and Zhang et al
[153] encompasses 145 fiberglass rods which allow for distortion assessment on axial
slices but are incapable of detecting through-plane distortion. In Moutsatsos et al [25]
the authors filled a 16 cm diameter acrylic flask with polymer gel and irradiated it with
4mm GK shots at 26 predefined locations. The centers of mass of the polymerized areas
served as CPs. Although this approach offers the attractive feature of reproducing every

step in the GK treatment procedure and the phantom is easy to construct, it suffers from
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the very limited number of CPs it can include and, thus, the inability of deriving detailed
distortion maps. Moreover, frame-induced geometric inaccuracies were not specifically
addressed in none of the above studies, possibly due to the lack of CPs in the vicinity
of the frame base.

In the present work, a new phantom was designed and constructed while a suitable
methodology was developed and implemented for the detection of MRI-related
geometric distortions in intracranial SRS applications. The phantom was constructed
by acrylic which is known to be easily machinable, MR-compatible [36] and cost
effective. Grids of holes served as CPs for distortion assessment. The phantom’s size
was limited to the size of the Leksell indicator box and frame, while its shape was
designed for monitoring the majority of the available space, with distortion assessment
extending to areas lying a few millimeters away from the frame base. The ability of
imaging the phantom with and without the stereotactic frame, offers the potential for a
quantitative evaluation of the geometric distortion induced by the Leksell frame in

remote regions with the GK Perfexion volume.

The CP localization algorithm developed in the present work consists of custom-made
MATLAB routines. Although easy to develop, it is not an automated procedure. User
interaction is required at several steps. First of all, decision on the signal intensity
threshold to be applied for creating binary objects is not straightforward. It is a try-and-
error procedure in order to determine signal level that best cuts off noise and artifacts
while ensuring maximum number of voxels for every hole (i.e., CP). Still, visual
inspection of the identified binary objects had to be performed and, in a few cases,
manual removal of false positives was necessary. This step may be time consuming.
Furthermore, in image series # 3 F and 4 F the algorithm failed to identify two
neighboring CPs due to locally decreased signal. This would be of much greater
concern in case a larger field of view was employed. The limitations of adopting a
unique signal intensity threshold are discussed in Stanescu et al [94]. The authors
proposed using a slice adapting threshold based on image histogram along with an
unsharp masking step. Torfeh et al [95] also used an adaptive threshold but it was
calculated within a region of interest around each CP. Implementing either approach in
the proposed algorithm would probably lead to a more automated and faster CP
identification procedure. This improvement would be important in the case of a larger

phantom with a considerably increased number of CPs. The algorithm accuracy was
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estimated by measuring relative distances of neighboring CP locations and was found
to be 0.2 mm or better. Despite the relatively high accuracy in CP localization, the
methodology followed for distortion evaluation may suffer from spatial registration
errors between MRI and CT coordinate systems. This step might induce additional
uncertainties in the case of non-negligible gradient distortion (i.e., owing to gradient
nonlinearities) among the four CPs selected for registration. For the presented results,
registration was performed based on carefully selected CPs around the MRI scanner’s
isocenter. Successful registration procedure was confirmed by comparing residual

spatial errors between reference and transformed locations of the selected CPs.

The reverse read gradient technique can be used to evaluate both sequence dependent
and sequence independent distortions [25,149]. The former is comprised of both
system- and object-related distortions. Using the reverse read gradient technique in
patients with multiple metastases treated with GK, Karaiskos et al [10] reported
sequence dependent distortions leading to target localization uncertainties of up to 1.3
mm (mean uncertainty of 0.51 + 0.37 mm). This study is presented in Chapter 9. Other
approaches have also been proposed for sequence dependent, patient-specific distortion
evaluation. Susceptibility induced geometric errors can be numerically simulated in
anatomical sites [31]. The field map technique [41] can be applied to acquire a detailed
sequence dependent distortion map but it requires an additional image scan of the
patient as well as a phase image unwrapping processing step [33,38,97,98]. However,
phantom-induced distortions are not relevant in a clinical setup. Therefore, evaluation

of sequence dependent distortions was beyond the scope of this work.

Sequence independent distortions constitute a purely system-related type of distortion
which is mainly attributed to gradient nonlinearity. In this study, evaluation of gradient
distortion was performed for a specific scanner employed in GK SRS applications using
the phantom constructed and the reverse gradient technique. A mean absolute distortion
(measured without the frame) of the order of 0.53 mm was detected, while hardly any
CPs exhibited displacement of more than 1 mm. A number of authors have reported
gradient distortions of several millimeters [28,33,94,96], but since gradient distortion
magnitude is strongly dependent on the field-of-view, results are not directly
comparable. Reduced gradient distortions were reported in Moutsatsos et al [25] where
a field-of-view relative to intracranial MRI scans for GK SRS was used. In that work,

gradient distortions reached 0.47 mm with an average of 0.23 mm within a spherical
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phantom of 16 cm in diameter. However, a different MRI unit was used and CP
locations were limited with respect to the field-of-view employed. Mounting the frame
on the phantom significantly increased distortions in the vicinity of the frame base. The
Leksell Coordinate Frame G investigated in this Chapter consists of a rectangular base
with three permanently connected bars which cannot be disassembled, while the
anterior bar of the frame is exchangeable so that differently-shaped front pieces
(straight or curved) can be used. Since eddy currents can be induced in closed loops by
both the RF and gradient fields, associated artifacts may be introduced [50-52]. Thus,
frame induced distortions may constitute a concern in GK applications in which the
treated area is close to the frame base. Results for the specific imaging conditions of
this study indicate that frame induced distortion (i) does not show a directionality
dependence on read gradient axis and is always directed towards the center of the frame
base, (ii) reaches inacceptable levels in the first few centimeters from the frame base
and obliterates at a radial distance of about 90 mm, (iii) is slightly larger along the read
gradient (frequency encoding) axis compared to the phase encoding axis and at regions
where the read gradient axis is perpendicular to the frame’s proximal side and (iv)
affects the position of the N-shaped fiducials used to define the stereotactic space and

perform registration procedures.

Taking into account the above remarks, the following recommendations can be made
in order to minimize frame induced distortion within regions of clinical importance.
The frame can be mounted in a way that ensures maximum possible distance between
the frame base and regions of interest (i.e., target and surrounding organs at risk). Read
gradient axis can be selected to be parallel to the side of the frame base which is closest
to the region of interest. The affected part of the N-shaped fiducials (if included in the
MR image stack) and the distorted anatomical regions close to the frame base should
not be taken into account in registration procedures using either the fiducial markers or
the co-registration feature of GammaPlan, since frame induced geometric distortions
may limit the accuracy of the registration process. Moreover, evaluation of frame
induced distortion should be included in the quality assurance program for MRI
scanners and specific MR imaging conditions employed in SRS.

Using the modified version of the frame resulted in a significant reduction of the
detected distortion. The acrylic bar interrupts the pathway of the closed loop of the

original frame, thus reducing eddy current effects. However, using a fragile material
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such as acrylic instead of aluminum could compromise the frame’s durability and long-

term integrity.

A CT angiography of a patient provided the reference positions for a number of vessels.
CT-based vessel contours were checked for geometric agreement with the same vessels
in "average" MR images. A geometric offset of 1.1 mm was observed for vessel
contours at a relatively close distance of about 9 cm from the proximal side of the frame
base and within the treatable area of the Perfexion unit. Given that "average” MR
images eliminate sequence dependent distortions arising from susceptibility artifacts
and Bo inhomogeneities and taking into account that the sequence independent
distortion measured in the phantom study is of the order of 0.4 mm at the same region,
the residual 0.7 mm could be attributed to frame induced distortion. Moreover,
displacement directionality for both vessels in Figure 4-6 matches that of the frame
induced distortion in Figure 4-3. Contrarily, a good spatial agreement was observed for
a vessel lying at a great distance (more than 15 cm) from the proximal side of the frame
base suggesting minimal gradient nonlinearities and frame induced distortions in that

region in accordance to phantom study findings.

Distortion analysis presented above is only valid for the scanner and scanning
conditions of this study. Therefore, quantitative results shown should only be treated as
indicative for an imaging scheme commonly used in GK SRS treatment planning.
Moreover, clinical interpretation of the presented results is not straightforward. Note
that several CPs detected with severe distortion do not necessarily lie within the GK
treatable volume (e.g., some were located within the plane defined by the frame base)
and, consequently, their clinical impact could be considered to be insignificant. CPs at
a distance up to 7 cm from the center of the Leksell space, thus covering the greatest
part of the treatable volume, present a maximum distortion of the order of 1.5 mm with
the frame mounted on the phantom compared to a corresponding value of 1 mm without
the frame (Table 4-3). However, distortion in the fiducial markers commonly used to
define the Leksell space, especially in the case of coronal MR images where the lower
part of the N-shaped fiducials is always included, as well as distortion in image regions
outside the treatable area, could adversely affect the accuracy of the image registration
process and thus the treatment accuracy. An assessment of the effect of the detected
distortions on the clinical outcome was not performed. In GK applications where steep

dose gradients exist in all three directions, distortions of the order of 1 mm may have a
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significant dosimetric impact, e.g., a significant reduction to the absorbed dose by the
target [10,147]. Another limitation of this work is that geometric errors induced by Bo
static magnetic field inhomogeneities were not evaluated, despite constituting a system-
related type of distortion. Nevertheless, these distortions are sequence dependent and
are greatly reduced or canceled out during averaging of CP locations [25,27] or patient
images [10]. Furthermore, a limitation of this study is the non-isotropic distribution of
CPs over the phantom volume resulting in specific areas not being evaluated. Therefore,
3D distortion maps were not created in order to avoid introduction of interpolation

errors.

Effectiveness of SRS applications relies on high fidelity tumor localization due to the
steep dose gradients employed. System-related distortions were found to potentially
affect both target positioning and image registration. In order to further increase spatial
accuracy of SRS applications, further work is needed to fully characterize system-
related distortions in patient MRIs used in such applications, especially the ones
employing MRI-only treatment planning. The clinical impact of such distortions is
partly investigated in Chapter 7, while determination of effective approaches and
apparatuses for minimizing is studied in Part C of this thesis.

4.5 Conclusion

A novel phantom for distortion detection in GK SRS applications was designed and
developed. The ability of employing the phantom with and without the Leksell
stereotactic frame was exploited to highlight frame induced distortions in addition to
gradient nonlinearity related ones. An evaluation of these distortions was performed for
clinically employed pulse sequences. Gradient nonlinearity was found to induce mean
distortion of about 0.5 mm, whilst maximum values of up to 1.1 mm are reached at the
edges of the examined volume. Contrarily, mounting the stereotactic frame on the
phantom resulted in a great increase in the detected distortion due to eddy currents
induced in the closed loop of the aluminum frame base. Maximum values of about 5
mm are reached within a few centimeters from the frame base. However, frame induced
distortion decreases rapidly with distance from the frame base, and the maximum

distortion at a distance up to 7 cm from the Leksell space center, covering the greatest
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part of the treatable volume, was found to be approximately 1.5 mm. Nevertheless,
severe distortion observed outside the Perfexion treatable region could also affect
treatment mainly through the registration process (e.g., the position of the lower part of
the N-shaped fiducials used to define the stereotactic space was significantly affected)
and thus this region should be excluded were possible during this process. A modified
version of the frame was also studied and corresponding images were shown to suffer
from relatively reduced distortion. Increased distortion in the vicinity of the frame base,
but within the treatable volume, was also identified in patient images. Overall results
of this work, suggest that assessment of frame induced distortion should be included in

the quality assurance program for MRI protocols employed in SRS.
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5> Evaluation of MRI-related geometric
distortions in stereotactic
radiotherapy treatment planning at

1.5T and 3.0T

Summary

The present work focuses on the assessment of total system-related geometric distortion
inherent in MR images used in SRS treatment planning for a variety of MR scanners,

field strengths and clinically used pulse sequences.

The geometric distortions for three clinical MR protocols (at both 1.5T and 3.0T) used
for SRS treatment planning were evaluated using a recently proposed phantom and
methodology. Areas of increased distortion were identified at the edges of the imaged
volume which was comparable to a brain scan. Although mean absolute distortion did
not exceed 0.5 mm on any spatial axis, maximum detected control point displacement

reached 2 mm.

Overall results of this work suggest that efficacy of SRS applications could be
compromised in case of very small targets lying distant from the scanner’s isocenter

(e.g., the periphery of the brain).

5.1 Introduction

The magnitude of geometric distortions in an MR image depends on the MR unit as
well as on the parameters of the specific sequence used for patient imaging [2].
Distortions are minimal at the center of a closed-bore magnet and increase gradually
toward the radial edges of the scanning volume [1,2,33,95]. As the static magnetic field

strength increases geometric distortions are also increased. Even for a brain scan (where

106



a limited field-of-view is used) these distortions can be more than 3 mm [151,154]. In
agreement with previous studies [147], it was recently showed that in SRS applications
relatively small distortions of up to 1.3 mm in MR images may result in a significant
underdosage (up to 30%) of specific very small targets [10]. Distortion magnitude
increases as one moves away from the center of the magnetic field resulting in increased
localization uncertainties for targets lying at the periphery of the brain. Therefore, the
specific MRI protocol employed for radiotherapy treatment planning should be
evaluated in terms of geometric accuracy, especially in applications delivering highly
conformed dose distributions to irradiate targets lying at the periphery of the brain
[155-157]. Although no specific tolerance in geometric uncertainty exists, since the
impact of geometric distortion on dose delivery depends on several parameters
including the target volume and the conformity of the irradiation technique, it is
generally acknowledged that SRS applications require high geometric accuracy and
precision [153,158-161]. Since MRI-related distortion has been recognized as one of
the major contributors to geometric accuracy degradation in the entire dose delivery
process, the implementation of MR distortion detection and assessment techniques

could be of great importance [2,153,161].

In this work, we used the phantom and methodology presented and also used in Chapter
4 (and published in [26]) in order to evaluate spatial accuracy of three MR protocols
clinically used for SRS/SRT treatment planning implemented in two different MR
models with static magnetic fields of 1.5T and 3.0T. The acquired images were
processed to assess and compare the total geometric accuracy of the employed

protocols, as well as derive detailed distortion maps in various orientations.

5.2 Materials and Methods

5.2.1 The phantom

A custom-made phantom, recently developed by our group, was utilized (Figure
5-1(a)). Since the phantom has been extensively described in Chapter 4, its key
characteristics will be presented in short. CPs for distortion detection are determined as

the centers of mass of 947 3-mm diameter holes. The holes are distributed over three
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axial, one sagittal and one coronal acrylic planes. On every plane, there is one CP every
(10£0.1) mm. The phantom’s total size and shape were carefully designed so that it can
fit in a typical head coil (Figure 5-1(b)) -in order to simulate an intracranial MR scan
for SRS/SRT treatment planning-, while CP distribution ensures that an extended space
is monitored and evaluated. In terms of imaging, the phantom is both CT and MR
compatible provided for the latter case that it is filled with standard copper sulfate

solution, commonly used in MR phantoms [26,147,148].

Figure 5-1: (a) The phantom utilized in this study filled with copper sulfate solution. (b) The phantom being MR
scanned using the head coil.

5.2.2 Distortion detection

The procedure for distortion detection followed in this work is summarized in Figure
5-2. First, the phantom is filled with copper sulfate solution and MR scanned using the
clinical protocol for SRS in order to obtain the evaluated CP distribution. CP locations
are determined in the 3D DICOM coordinate system using the same CP localization
algorithm as the one presented in Chapter 4 and published in Pappas et al [26]. Briefly,
it consists of three steps (i) 3D edge detection, (ii) intensity thresholding and (iii) center
of mass calculation and was implemented using in-house MATLAB (The MathWorks,
Inc., Natick, MA) routines. Next, the phantom is CT scanned empty and the same
procedure is followed to provide the reference CP distribution (Figure 5-2). The
resulting CP distributions are registered to the same coordinate system after performing
a rigid spatial co-registration. More specifically, a rigid transformation is established
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after four CPs lying in the vicinity of the MR isocenter (where scanners are optimized
to exhibit minimum geometric distortion [1,33]) are selected and manually matched
with the corresponding ones in the CT dataset. This is a commonly adopted approach
[27,33,94,96]. As a last step, identified CPs in the reference and evaluated datasets are
paired by following their known design template. Geometric distortion is reflected as

CP displacement on every axis and calculated as d; = iyg — icr, Where i =X, Y, z. The
overall displacement was also calculated as dfy,; = /dZ + d3 + d2. Finally, by using

interpolation methods, relevant distortion maps can be created on any orientation within

the mapped area.

5.2.3 Image acquisitions

Copper sulfate CP localization Evaluated CP
filled Phantom| | VIR S¢an |—» | distribution
_|—> Rigid spatial co-|

algorithm
registration
Empty CP localization Reference CP I ¢

Phantom »| CTscan algorithm distribution

A

Distortion
detection

Figure 5-2: Overview of the workflow for distortion detection implemented in this study.

Two MR scanners were included in this study: a GE Optima MR450w with a static
magnetic field of 1.5T and a SIEMENS Skyra 3.0T. Emphasis was given to evaluate
the clinical protocols used specifically for SRS treatment planning. In particular, three
sequences are employed in clinical routine labelled as “FSPGR BRAVO”, “FSPGR 3D
T1w” and “T1w MPRAGE”. The corresponding clinically used head coils were also

utilized (see also Section 3.4).

All specific details and imaging parameters were kept to their default clinically used
values for SRS treatment planning and are summarized in Table 5-1. Pixel size was
always 0.9375 x 0.9375 mm?. Prior to scanning, the phantom was filled with standard

copper sulfate solution.

109



To obtain the reference CP distribution the phantom was also CT scanned. Images were
acquired by a SIEMENS SOMATOM Definition scanner with a reconstruction pixel
size of 0.45 x 0.45 mm?, slice thickness of 0.6 mm, operated at 120 kVp.

No stereotactic frame, localization box or any other apparatus was mounted on the
phantom during MR (nor CT) scanning in order to avoid frame induced distortions [26]

or susceptibility related artifacts.

Table 5-1: Protocol parameters of all the performed MR image acquisitions using both scanners included in this
study.

Slice Frequency
Thickness TE/TR/IFA Bandwidth encoding
MR Scanner Model Protocol Name (mm) (msec/msec/?) (Hz/mm) direction
GE Optima MR450w FSPGR
1.5T BRAVO 1 3.46/8.29/12 260.4 A-P (y-axis)
GE Optima MR450w FSPGR 3D
1.5T Tlw 1 2.18/6.60/15 260.4 A-P (y-axis)
SIEMENS Skyra 3.0T Tlw MPRAGE 1 2.13/2300/8 213.3 A-P (y-axis)

Abbreviations: TE: echo time; TR: Repetition time; FA: flip angle

5.3 Results

5.3.1 Distortion magnitude

Table 5-2 summarizes the detected CP offset between the MR and CT datasets on the
three MR coordinate axes, d;, as well as the total offset dX,. In addition to minimum,
maximum and mean detected distortion, Table 5-2 gives the percentage of CPs that
were displaced by more than 1 mm. Mean absolute distortions are well below 0.5 mm

on any axis for all three protocols.

Regarding the 1.5T GE scanner, increased distortion was detected on the z-axis
(possibly due to increased z-gradient magnetic field nonlinearity, which could stem
from a less effective performance of the automated distortion correction algorithms

integrated in the scanner), while minimal distortion was observed on x and y axis, for
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both protocols investigated. The 3.0T SIEMENS scanner is characterized by

systematically higher mean distortion values (for the examined sequences) than the 1.5

T GE scanner. However, due to phantom repositioning, CP distribution within the

imaged areas was not identical for the two scanners.

Table 5-2: Detected total distortion for the three imaging protocols of the GE and SIEMENS scanners included in
this study. Percentage of CPs detected with more than 1 mm of absolute distortion (% CPs > 1 mm) is also given.

Axis SIEMENS
GE 15T 20T
FSPGR Tiw
BRAVO FSPGR 3DT1w MPRAGE
Range 0.44—0.46 057054 112-1.16
X axis
Mean -0.04 0.00 0.05
(mm)
Mean absolute 0.18 0.28 0.36
% CPs > 1mm 0.00% 0.00% 0.63%
Range -0.70-0.55 -0.64-0.79 -1.16 - 1.84
Y axis Mean -0.14 0.00 0.03
(mm) Mean absolute 0.29 0.23 0.46
% CPs > 1mm 0.00% 0.00% 4.13%
Range 136-0.75 1.93-1.02 1.05-057
2 axis Mean -0.16 -0.06 -0.34
(mm) Mean absolute 0.31 0.46 0.41
% CPs > 1mm 0.08% 4.22% 0.21%
Range 0.04—_137 0.05—1.99 0.06—1.92
R (mm) Mean 0.54 0.66 0.82
% CPs > 1mm 1.06% 5.07% 10.37%

Figure 5-3 highlights the effect of increasing distortion magnitude with respect to

increasing radial distance from the MR scanners’ isocenter. In particular, total distortion

magnitude detected with all 947 CPs is presented against radial distance from the
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scanners’ origin for both scanners and for all three imaging protocols. The mean as well
as the spread of the detected CP displacement significantly increases with distance from
the isocenter (Figure 5-3). Note that the range of radial distances investigated (up to
approximately 135 mm) exceeds the typical size of a head. CP distribution within the
phantom extended to the far off of the available space within the employed MR head

coils.

Figure 5-3 also allows for a qualitative comparison of distortion magnitude between the
three clinically used protocols. As seen, the “FSPGR BRAVO” sequence is slightly less
prone to distortion compared to the other two protocols investigated.
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Figure 5-3: Total geometric distortion detected at all 947 CP locations for the three clinically used imaging
protocols. Results are presented against radial distance from the corresponding MR scanner’s isocenter.
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5.3.2 Distortion distribution and directionality

Distortion Map (mm) at X=0 mm
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Figure 5-4: Total distortion maps (dR ) on a sagittal plane at x=0 mm for FSPGR BRAVO (left), FSPGR 3DT1w
(middle) and T1w MPRAGE (right).

A series of 3D total distortion maps (d& ) have been created for all acquired image
series. Inevitably, due to the interpolation procedure involved, accuracy of distortion
maps deteriorates in regions distant from the CPs. Given that, y-z central planes
carefully selected to lie in areas of high CP density (i.e., at x=0 mm) are presented in
Figure 5-4. For all three MR protocols, detected distortion is minimal around the

magnet’s isocenter and greatly increases at the corners of the examined space.

Figure 5-5 provides an insight to the spatial distribution and directionality of the
detected distortion. The distortion vectors’ initial points correspond to CT-identified
CP locations (i.e., “reference” locations) while terminal points to MRI-detected ones.
Distortion vectors are projected on the y-z plane. The vectors’ lengths are proportional
to the detected distortion magnitude. As also shown in Table 5-2, distortion for the GE
1.5T scanner is excessive on the negative z-axis, while for the 3.0T scanner, distortion

magnitude exhibits an almost symmetrical spatial distribution in all three axes.
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Figure 5-5: Distortion vectors on a sagittal plane at x=0 mm for FSPGR BRAVO (left), FSPGR 3DT1w (middle)
and TIw MPRAGE (right). Vectors’ lengths have been magnified by a factor of three to increase visibility.

5.4 Discussion

The phantom and CP localization algorithm used in this study are similar to those
employed in Chapter 4. In this study, contrarily to the previous Chapter where the
reversed gradient technique [25-27,33,42,94,95,162] was used to distinguish and
characterize different sources of system-related geometric distortion (including those
induced by stereotactic accessories such as the immobilization frame used in GK SRS
applications [26]), distortion assessment relied entirely on one MR scan, as has been
demonstrated elsewhere [35,147,151,154,163]. Consequently, both sequence
independent (i.e., arising from gradient non-linearity) and sequence dependent
distortions [25,33,149,150] (i.e., distortions related to Bg inhomogeneity, chemical shift
artifacts and susceptibility differences) were taken into account. However, chemical
shift artifacts are not relevant in a phantom study while susceptibility induced
distortions (stemming from PMMA-copper sulfate solution susceptibility difference)
are uniform throughout the entire geometry and, inevitably, cancel out during the spatial
registration step. Effectively, the approach followed in this study mainly takes into
account machine-related distortions [151] (i.e., Bo inhomogeneity and gradient
nonlinearity). According to the results presented in Chapter 4, uncertainty in CP

displacement detection is approximately 0.2 mm.

Three MR protocols used in SRS treatment planning (at 1.5T and 3.0T) were evaluated
in terms of geometric accuracy. Although mean absolute distortion was found less than
0.5 mm in any orientation, CP total displacements of up to 2 mm were observed at the
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edges of the imaged area. This suggests that regions of interest lying within a field-of-
view relative to the size of a large head exhibit considerable levels of distortion and
may compromise dose delivery accuracy [10]. Since distortion magnitude and
orientation strongly depends on the imaging parameters used as well as the volume of
interest and CP distribution within the imaged area, results cannot be directly compared
with previous published studies. However, detected distortion of more than 1 mm
(related to gradient nonlinearity alone) is generally acknowledged [26,96,149,162] for
volumes similar to the one examined in the present study. In the study of Yu et al [154]
a total geometric distortion of approximately 3 mm was reported for brain MRI scans
used in GK SRS. For larger field-of-views (used in extracranial stereotactic body
radiotherapy), MR-related geometric accuracy is studied using body-sized phantoms
[27,28,92-96,151] with distortions reported reaching up to 25 mm. In a review article
[2], a total of 11 studies investigating system-dependent geometric distortions were

identified, with 5 of them reporting maximum detected distortion of less than 2 mm.

In addition to system-related distortion, patient-induced spatial inaccuracies should also
be considered [2,33]. Several studies [10,26,164] have reported patient-related
geometric uncertainties ranging up to 1.9 mm for MR protocols used in SRS treatment
planning. In a simulation study, Stanescu et al [31] reported susceptibility induced
distortion reaching up to 3.40 mm and 2.02 mm (for a 3.0T MR scanner employing 5
mT/m gradient strength) in air cavities and bone structures, respectively, in intracranial
patient MR images. Depending on Bo strength, bandwidth used, anatomical site
investigated and orientation relative to Bo, susceptibility induced distortion greatly
varies [31]. Moreover, patient-induced distortion cannot be accurately predicted a priori
since each patient is characterized by different magnetic susceptibility distributions

which may also vary in time [2].

In the current practice, geometric distortions are commonly checked at a specific plane
(2D distortion assessment) using the ACR phantom [165,166] for a typical Tlw
sequence using a passing criterion of 2 mm. In this work, a 3D distortion detection
phantom coupled with a suitable methodology was implemented for the specific clinical
protocols at 1.5T and 3.0T used for target localization and distortions of up to 2 mm
were identified in an area covering an extended region of the field-of-views used in
brain SRS applications. It is noted however that patient-induced distortions are not

taken into account when phantoms are used to derive distortion maps.
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An initial evaluation and periodic quality control related to MR geometric distortions
for the specific MR units, sequences, clinical protocols and parameters is paramount,
especially when they are used for the delineation of small targets in the periphery of the
brain, where MR geometry accuracy deteriorates even in the relative small field-of-
views involved (e.g., multiple brain metastases cases). Further work is still needed to
fully characterize MR-related distortions and determine the acceptable levels of spatial
error that do not considerably compromise dose delivery and target coverage. Towards
that direction, Chapter 6 focuses on patient induced distortions [31,33,89,152,167]

which should also be considered an additional source of geometric degradation.

5.5 Conclusion

Spatial distortions of up to 2 mm were detected for clinical MR protocols (at 1.5T and
3.0T) used in SRS treatment planning in regions away from scanner’s isocenter.
Necessity to evaluate and apply quality control procedures for the specific MR units

and protocols employed in SRS was highlighted.
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6 Patient-specific geometric distortion
in MR images employed in
stereotactic radiosurgery treatment
planning

Summary

This work focuses on MR-related sequence dependent geometric distortions, which are
associated with Bo inhomogeneity and patient-induced distortion (susceptibility
differences and chemical shift effects), in MR images used in stereotactic radiosurgery
(SRS) applications. Emphasis is given to characterize distortion in target areas

identified using Gd-DTPA paramagnetic contrast agent administration.

The prototype distortion detection acrylic-based phantom (presented in Chapter 4) was
modified to accommodate two small cylindrical inserts simulating small brain targets.
The inserts were filled with various concentrations of Gd-DTPA solutions (0-20 mM).
The phantom was MR scanned at 1.5T unit using both the reversed read gradient
polarity (to determine the overall distortion as reflected by the inserts centroid offset)
and the field mapping (to determine Bo inhomogeneity related distortion in the vicinity
of the inserts) techniques. Post-Gd patient images involving a total of 10 brain

metastases/targets were also studied using a similar methodology.

For the specific imaging conditions, contrast agent presence was found to significantly
affect phantom insert position, with centroid offset extending up to 0.068 mm/mM
(0.208 ppm/mM). The Gd-DTPA induced distortion in patient images was of the order
of 0.5 mm for the MRI protocol used, in agreement with the phantom results. Total
localization uncertainty of metastases-targets in patient images ranged from 0.35 mm
to 0.87 mm, depending on target location, with an average value of 0.54 mm (2.24
ppm). This relative wide range of target localization uncertainty results from the fact
that the Bo inhomogeneity distortion vector in a specific location may add to or partly
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counterbalance Gd-DTPA induced distortion, thus increasing or decreasing,

respectively, the total sequence dependent distortion.

Although relatively small, the sequence dependent distortion in Gd-DTPA enhanced
brain images can be easily taken into account for SRS treatment planning and target
definition purposes by carefully inspecting both the forward and reversed polarity

series.

6.1 Introduction

Within-patient, tissue susceptibility effects have been widely investigated in simulation
studies [31,43,44]. However, distortions at SRS target locations, including those
induced by Gd-based contrast agents, have not been specifically studied. The
paramagnetic nature of Gd alters the local magnetic field due to its magnetic
susceptibility (see Sections 1.6 and 3.4). Susceptibility difference inherently induces
geometric distortion in and around a susceptibility cavity, with the spatial displacement
of a given point varying according to the cavity location, size and orientation with
respect to Bo [31,36,47,72]. Susceptibility effects associated with Gd-enhanced
lesions/targets in MRI-based SRS applications increase the localized total distortion

and could result in target under-dosage, especially for tiny lesions [9,10,45].

A systematic characterization of system-related distortions arising from gradient field
nonlinearities and eddy currents in the stereotactic frame was performed in Chapters 4
and 5. This study seeks to examine respective sequence dependent distortions.
Emphasis is put on the geometric warping related to the magnetic susceptibility of the
routinely administered Gd-DTPA contrast agent. To this purpose, the prototype
phantom was modified to incorporate inserts filled with Gd-DTPA at various
concentrations. Distortion evaluation was performed using the read gradient polarity
reversal methodology in combination with the field mapping technique to assess and
subtract background field variations. Furthermore, a similar methodology was applied
to brain MR images in order to characterize and evaluate sequence dependent
distortions at and in the vicinity of Gd-DTPA enhanced metastases. The effect of such

distortions on SRS treatment planning and target definition is discussed.
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6.2 Materials and Methods

6.2.1 Phantom study

6.2.1.1 Phantom description

The prototype phantom used for the studies presented in the previous Chapters was also
employed here. For the purposes of the present study, the phantom was modified to
accommaodate two cylindrical inserts (inner dimensions of 8 mm diameter and 11 mm
height, wall thickness of 1.8 mm), simulating two small brain metastases (Figure 6-1).
The inserts were positioned towards the Superior (S) side of the phantom at a distance
of 45 mm between them and lying only a few millimeters from control points (Figure
6-1(b)). Small plastic screws along with rubber flanges facilitated leakage proof filling
with solutions, while acrylic posts ensured fixed position with respect to the removable
top of the phantom (Figure 6-1(a)). In essence, the installed cylindrical inserts can be
regarded as two additional CPs with the added capability to be filled with different

solutions with respect to the body of the phantom.
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Figure 6-1: The distortion detection phantom used in this study. (a) Two cylindrical inserts were fixed on the
removable top cap (S side of the phantom) shown on the left. (b) The phantom positioned at scanning orientation

with the top mounted on.
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In order to investigate the magnitude of distortion induced by the contrast agent, the
inserts were filled with varying concentrations of Gd-DTPA solution in saline. In
specific, both inserts were filled with saline (corresponding to zero concentration of
Gd-DTPA), as well as 5, 10 and 20 mM of Gd-DTPA diluted in saline. Although
contrast agent concentration rapidly varies within the brain and especially within
tumors and vessels, concentrations considered here are typical with respect to the ones
encountered in vivo and cover the range of concentrations found in the literature
[91,168-170]. The phantom body was filled with standard copper sulfate solution

[26,148] in order to achieve adequate signal intensity and high contrast with acrylic.

6.2.1.2 MRl scanning

All phantom scans were performed at 1.5T (Multiva, Philips Medical Systems, The
Netherlands). The imaging protocol comprised of three 3D gradient recalled echo
(GRE) pulse sequences with vendor-supplied distortion correction routines enabled. A
phased array head coil was used for signal reception Scanning parameters are
summarized in Table 6-1 (image series #1-4). In all image series, reconstructed pixel
size was 0.98 x 0.98 mm? with a slice thickness of 1 mm.

6.2.1.3 Read gradient polarity reversal technique

The reversed read gradient polarity technique [25,27,33,42] was implemented in order
to evaluate the contrast agent induced distortion. Briefly, this method relies on the fact
that sequence dependent distortions (i.e., stemming from Bo inhomogeneity,
susceptibility differences and chemical shift artifacts [33]) change sign with respect to
frequency encoded direction. Therefore, the technique requires that the phantom is MR
scanned twice using identical imaging parameters except for the read gradient polarity
(e.g., A—Pand P — A) (for further details, refer to Section 2.8). The geometric offset
between CPs identified in the two image series is twice the sequence dependent

distortion magnitude [25].

Acquired images from series #1-4 (Table 6-1) were exported from the MR unit in
dicom format and analyzed in MATLAB R2015b (The MathWorks, Inc., Natick, MA)
using in-house routines. For every pair of image series (e.g., forward A-P polarity and
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reversed P-A polarity), the cylindrical inserts were identified in the 3D image stack by
exploiting the signal void of the inserts’ acrylic walls. By applying a simple
thresholding procedure, binary images were obtained facilitating the estimation of the
centroid (geometric center) of each insert within the MRI coordinate system. In
addition, all CPs incorporated in the phantom were identified in both the forward and
reversed MRI scans, using the localization algorithm described in Chapter 4,
characterizing system-related distortions [26]. Averaged (from the paired scans) CP or
insert centroids were regarded as reference locations (assuming that polarity reversal
results in the change of distortion sign without affecting the magnitude). Sequence
dependent distortions (related to Bo inhomogeneity and susceptibility effects) were
estimated as the signed geometric offsets towards the polarity direction between
reference locations (CP or insert centroids) and corresponding ones identified in the
forward MRI scans. Residual sequence independent distortions (related to gradient field
non-linearity [2,33]), after the application of the vendor-supplied distortion correction,
are not taken into account since they do not change sign with respect to read gradient

polarity.

Table 6-1: MR scanning protocol and parameters used in the phantom study.

Gd-DTPA
Image Receiver Read concentration
series MRI pulse bandwidth TE/TR/IFA gradient axis in inserts
# sequence (Hz/pixel) (msec/msec/°) and polarity (mM)
1 T1w spoiled GRE 191 4.6/25/30 y-axis / A-P 0,5, 10,20
2 T1w spoiled GRE 191 4.6/25/30 y-axis / P-A 0,5, 10,20
3 T1w spoiled GRE 191 4.6/25/30 x-axis / R-L 0,5, 10, 20
4 T1w spoiled GRE 191 4.6/25/30 x-axis / L-R 0,5, 10, 20
5 1%t echo GRE 191 4.4/14/30 y-axis / A-P 0,5, 10,20
6 2" echo GRE 191 6.8/14/30 y-axis / A-P 0,5, 10,20
7 1%t echo GRE 191 4.4/14/30 x-axis / R-L 0,5, 10,20
8 2" echo GRE 191 6.8/14/30 x-axis / R-L 0, 5, 10, 20
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6.2.1.4 Field mapping technique

In addition to the reversed gradient method, the well-established field mapping
technique [30,33,41,98,171] for sequence dependent distortion assessment was also
implemented for the same phantom within the same MR imaging session in order to
validate the obtained results related to the CPs. Briefly, the method requires an
additional imaging step which consists of a dual echo GE pulse sequence. Phase
difference images are directly proportional to sequence dependent distortion, following
a post-processing, time-consuming phase unwrapping step [97], according to equation
(1), [30,33,171]:

Ap(x,y,z,ATE)
YATE

AB(x,y,z) = (1)

where ATE = TE2 — TE1 is the echo time difference between the two echoes of the two
sequences and y is the proton gyromagnetic ratio. Magnetic field variations can be
transformed to sequence dependent distortions on the frequency encoding axis, e.g., Ay
if y-axis is the read gradient axis, using equation (2):

Ay(x,y,z) = AB(x,y,2)/Gre  (2)

where Gy, is the read gradient field strength on y-axis. Equations (1) and (2) define the

distortion sign convention used. A thorough analysis of the field mapping technique

and the concerns involved was given in Section 2.8.2

In order to avoid severe phase wrapping, which could introduce phase unwrapping
errors [97], selected ATE was 2.40 msec, at the expense of sensitivity. Imaging
parameters used are summarized in Table 6-1 (image series #5-8). The resulting
wrapped phase difference maps were unwrapped by implementing the methodology
described in [97], with the negated magnitude serving as the noise estimator field for
guided unwrapping (see Section 2.8.2.3). The developed routine is also given in the
Appendix. In large areas of signal void, phase difference maps were dilated due to lack
of phase information [98]. However, phase difference maps at low signal areas were
discarded and not used in the analysis. This post imaging step required several hours of

computational time, although real-time image unwarping has also been proposed [38].

Unwrapped phase difference maps were used to determine sequence dependent

distortion at the CP locations within the 3D MR coordinate system as determined by
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the analysis described in Section 6.2.1.3. Results were compared to the corresponding
ones derived using the reversed read gradient polarity technique for cross-validation.
Furthermore, the same methodology was followed to estimate Bo inhomogeneity
induced distortion exhibited in the vicinity of the cylindrical inserts filled with contrast

agent solution.

6.2.1.5 Contrast agent induced offset

Net insert centroid offset stemming from Gd-DTPA susceptibility alone was deduced
by subtracting the BO inhomogeneity related distortion at the respective insert region
from the total distortion at the specific insert location as reflected by the total geometric
offset of the insert centroid. The former was evaluated by the field mapping technique,
whilst the latter was estimated as the signed geometric offset between reference insert

centroid locations and corresponding ones identified in the forward MRI scans.

6.2.2 Patient study

Three patients referred to SRS for single or multiple brain metastases of variable sizes
and locations were enrolled. All MR images were acquired at 1.5T (Achieva, Philips
Medical Systems, The Netherlands), following an intravenous Gd-DTPA injection of
0.2 mmol/kg. The institution’s standard clinical protocol for GK SRS applications was
implemented, which included the utilization of the Leksell stereotactic frame for patient
immobilization and image registration purposes. The imaging protocol involved both
the read gradient polarity reversal and field mapping techniques employing a set of
pulse sequences similar to those used in the phantom study. Specific acquisition
parameters were the same as the ones presented in Table 6-1 for series #1, 2, 5 and 6
(only the y-axis was used as frequency encoding axis), apart from the receiver
bandwidth which was set to 217 Hz/pixel.

Patient images, reconstructed using a voxel size of 0.82 x 0.82 x 1.5 mm?®, were
exported in dicom format and analyzed in MATLAB using in-house developed
routines. A total of ten brain metastases were identified and manually contoured by an
experienced neurosurgeon in both the forward and reverse read gradient polarity series.

Contoured lesions were treated as CPs for distortion detection at the respective
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locations and, therefore, the followed approach was similar to that applied in the
phantom study. Using the polarity reversal technique, the total sequence dependent
distortion at a specific lesion location was calculated as half the geometric offset
between the corresponding centroids in the MRI coordinate system. The field mapping
technique was used to determine potential background field distortions in the vicinity
of the identified lesions and, thus, to differentiate between contrast agent induced
geometric offset and spatial degradation due to local Bo inhomogeneities and chemical
shift effects. Specifically, the mean distortion value within an unenhanced volume of
interest close to a lesion was determined, and this value was subtracted from the total
sequence dependent distortion estimated (using the polarity reversal method) for that

lesion location to yield the net contrast agent induced offset.

6.3 Results

6.3.1 Phantom study

Table 6-2: Sequence dependent distortion magnitude for all 947 control points, detected using both methods.

Frequency Mean =+ 1 std Median Max
encoded direction (mm) (mm) (mm)
Reversed read A-P (y-axis) 0.21+£0.22 0.14 1.22
gradient
polarity L-R (x-axis) 0.30+£0.22 0.25 1.17
A-P (y-axis) 0.21+0.16 0.19 1.05
Field mapping
L-R (x-axis) 0.27+0.16 0.24 1.12

Table 6-2 summarizes the results on CPs locations obtained following implementation
of both read gradient reversal and field mapping techniques. Close agreement is
observed between the two methods which supports the validity of the methodology and

image processing routines employed in this study. Sequence dependent distortion
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magnitude varies with respect to the distance from the MR scanner’s isocenter and may
exceed 1 mm. Taking into account that for the CPs close to the center of magnetic field
the observed distortion is of the order of 0.1 mm, the observed sequence dependent

distortion magnitudes mainly stem from Bo inhomogeneities.

Regarding the cylindrical inserts filled with various concentrations of contrast agent,
Figures 6-2 and 6-3 demonstrate relevant distortion maps derived from the field
mapping technique, as well as acquired T1w axial images, for the read gradient
direction in the y-axis and x-axis, respectively. Distortion maps (Figures 6-2(a),(d) and
6-3(a),(d)) are presented for an axial slice lying centrally to the cylindrical inserts.
Inserts with no contrast agent do not disturb the local magnetic field (Figures 6-2(a)
and 6-3(a)), while for the maximum concentration considered a steep distortion gradient
is identified at the inserts borders (Figures 6-2(d) and 6-3(d)), where induced field
variations associated with susceptibility differences are expected to be maximized
[36,47]. The susceptibility related distortion gradient reaches its maximum values at the
S and Inferior (I) inserts borders (not shown here). It should also be noted that Bo
inhomogeneity related distortion was not constant and slightly varied between different
scanning sessions, as evidenced by comparing Figures 6-2(a) and 6-3(a) with Figures
6-2(d) and 6-3(d), respectively, depending on phantom positioning with respect to the
MR isocenter and auto-shimming procedures potentially performed.

As shown in Figures 6-2(b),(c) and 6-3(b),(c), reversing the polarity of the read gradient
direction does not evidently induce spatial offset of the inserts centroids in the case of
no contrast agent presence. Contrarily, in the presence of the paramagnetic agent,
inserts get mispositioned and, as demonstrated for the maximum concentration
considered herein (Figures 6-2(e),(f) and 6-3(e),(f)), specific insert walls appear

severely distorted.

Figure 6-4(a) presents the estimated net centroid offsets (i.e., owing to the Gd-DTPA
contrast agent) for the cylindrical inserts for the MR scans with frequency encoding set
on the y-axis. As expected, net centroid offset varies considerably with Gd-DTPA
concentration. Relatively lower net centroid offsets were detected (up to 1 mm for the
20 mM concentration) with the frequency encoding direction on x-axis (Figure 6-4b),
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suggesting a weaker correlation between centroid mispositioning and contrast agent

concentration for this setup.

Distortion Map (mm)

Figure 6-2: Axial slice intersecting the cylindrical inserts of the phantom with frequency encoded direction set on
A-P (a),(b),(d),e) and P-A (c),(f) directions. Inserts are filled with saline (no contrast agent) (top row) or 20 Mm of
Gd-DTPA (bottom row). (a),(d) Distortion maps derived using the field mapping technique. (b),(c),(e),(f) T1w
images of the same slice. Reversing read gradient polarity has no apparent effect on insert position but evidently
displaces the contrast agent signal.
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Net centroid offset (mm)
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Distortion Map (mm)

Figure 6-3: Axial slice intersecting the cylindrical inserts of the phantom with frequency encoded direction set on
L-R (a),(b),(d),(e) and R-L (c),(f) directions. Inserts are filled with saline (no contrast agent) (top row) or 20 Mm of
Gd-DTPA (bottom row). (a),(d) Distortion maps derived using the field mapping technique. (b),(c),(e),(f) T1w
images of the same slice. Reversing read gradient polarity has no apparent effect on insert position but evidently

displaces the contrast agent signal.
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Figure 6-4: Estimated net centroid offset for both cylindrical inserts as a function of contrast agent concentration.
(a) Frequency encoding direction set on the y-axis (P-A and A-P). (b) Frequency encoding direction set on the x-
axis (L-R and R-L). Dashed lines were derived by linear fitting of the corresponding data.

127



For all datasets, a first order polynomial fit was applied in order to determine the

centroid offset, D, induced per unit of contrast agent concentration, C, i.e., |Z—LC)|, as

reflected by the slopes of the curves shown in Figure 6-4. Obtained results are depicted
in Figure 6-5. The error bars correspond to the uncertainty (at 67% confidence level) of
the slope, as determined by the linear regression analysis. Significantly lower slopes
were calculated for x-axis read gradient compared to y-axis read gradient. This could
be attributed to the cylindrical shape of the inserts [36,47,72].
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Figure 6-5: Fitted slopes for net centroid offset vs Gd-DTPA concentration. Error bars correspond to the uncertainty
of the slopes (at 67% confidence level) as determined by linear regression analysis.

6.3.2 Patient study

Table 6-3 summarizes the results of the patient study conducted. For each lesion, the
total centroid offset identified in every axis using the reversed read gradient polarity is
given. This offset corresponds to the overall target localization uncertainty due to
patient-induced geometric distortion in MR images. In phase encoding directions, i.e.,
x and z axes, maximum centroid offset hardly exceeds 0.1 mm and represents the
uncertainty of the experimental methodology adopted. In the frequency encoding
direction (y-axis), total centroid offset magnitude is on average 0.54 mm and exceeds
0.75 mm in two cases (2.24 and 3.11 ppm, respectively). It should be noted that these

results represent the distance between reference lesion centroid locations and

128




corresponding ones identified in the forward polarity MR scan. Using the field mapping
technique, distortion in the range of -0.12 up to 0.27 mm (Table 6-3) was detected in
regions of interest close to the targets but with no Gd-DTPA enhancement, mainly due
to local BO magnetic field inhomogeneities. The directionality of this distortion either
opposes or is the same with that of the susceptibility induced distortion, thus decreasing
or increasing, respectively, the total uncertainty in target localization. Subtracting field
mapping obtained distortion from the centroid offset in y-axis yields the net offset (i.e.,
centroid offset without effects from background field variations), which represents the
Gd-DTPA susceptibility induced distortion. As presented in Table 6-3, the net offset
ranges between 0.43 and 0.65 mm (1.78 and 2.68 ppm, respectively), with an average

value of 0.51 mm (2.11 ppm).

Table 6-3: Patient study results. For each metastasis, the total centroid offset provided by the reversed polarity
technique is presented, along with the distortion detected using the field mapping technique. Net centroid offset in
y-axis is deduced by subtracting the detected background distortion form the total centroid offset in y-axis.

Distortion Net centroid
close to offset (mainly
Total centroid offset lesion (Field related to Gd-
Lesion characteristics (Reversed polarity) mapping DTPA)
Distance
from MR Location
Patient Volume isocenter on z-axis x-axis  y-axis  z-axis y-axis y-axis
# Met#  (mmd) (mm) (mm) (mm) (mm) (mm) y-axis (mm) (mm) (ppm)
1 1 1107 67.8 334 -0.04 0.80 0.07 0.27 0.53 2.19
2 471 69.0 6.3 0.00 0.52 -0.03 -0.12 0.65 2.68
2
3 484 20.6 -5.7 0.01 0.47 0.00 0.01 0.46 1.92
4 333 311 5.3 -0.02 0.35 -0.08 -0.12 0.47 1.96
5 18.2 35.0 5.3 -0.02 0.38 0.10 -0.10 0.49 2.02
6 52.4 54.2 17.3 -0.07 0.38 0.01 -0.06 0.44 1.82
3 7 20.2 49.5 383 -0.04 0.51 0.08 0.08 0.43 1.78
8 20.2 83.7 48.8 0.04 0.72 0.08 0.20 0.52 2.14
9 272 362.2 50.3 0.06 0.37 -0.12 -0.10 0.47 1.95
10 212 541.8 66.0 -0.07 0.87 -0.09 0.24 0.63 2.61
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Figure 6-6(a) presents the distortion field, as estimated by the field mapping technique,
of an axial image depicting metastases #4 and #5 (Table 6-3). Figure 6-6(b)
demonstrates the fusion of 3D T1w forward and reversed polarity MR scans. Matching
pixels that exhibit different signal intensity in the two images are highlighted in color.
Offsets between lesions in the two MR images are evident. A normalized signal
intensity profile is given in Figure 6-6(c), quantifying the detected offset along a line
passing through the two metastases. Field mapping results suggest a background field
distortion of the order of -0.10 mm at this area (Table 6-3 and Figure 6-6(a)). Since the
total centroid offset detected in the y-axis for the two metastases is slightly above +0.35
mm (Table 6-3), it is deduced that the Gd-DTPA induced centroid offset approaches
+0.5 mm.

Contrarily, for metastasis #10 (Table 6-3), the background distortion in the vicinity of
the lesion was found equal to +0.24 mm (Table 6-3 and Figure 6-7(a)). As a result, this
distortion adds up to the estimated susceptibility induced offset (+0.63 mm, Table 6-3)
resulting in a total centroid offset of +0.87 mm (Table 6-3 and Figure 6-7(b)).
Therefore, the spatial shift between signal intensity profiles in Figure 6-7(c) is

approximately double that shown in Figure 6-6(c).
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Figure 6-6: (a) Field mapping derived distortion map corresponding to an axial slice with two brain metastases
(metastases #4 and 5 in Table 6-3). (b) Fused forward (A-P) and reversed (P-A) polarity MR images using the
clinically employed MR protocol for SRS treatment planning. Corresponding pixels with different values are
depicted in color (green and purple for higher values in forward and reversed images, respectively). The area of the
two metastases is depicted magnified in the insert. The red arrow points to the area of the two metastases. (c)
Normalized pixel intensity profiles for the two images along the red dashed line that runs parallel to the y-axis.
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Figure 6-7: (a) Field mapping derived distortion map corresponding to an axial slice with one brain metastasis (met
#10 in Table 6-3. (b) Fused forward (A-P) and reversed (P-A) polarity MR images acquired using the clinically
employed MR protocol for SRS treatment planning. Corresponding pixels with different values are depicted in color
(green and purple for higher values in forward and reversed images, respectively). The metastasis area is depicted
magnified in the insert. The red arrow points to the metastasis location. (c) Normalized pixel intensity profiles for
the two images along the red dashed line that runs parallel to the y-axis.

6.4 Discussion

Several studies have performed patient-specific distortion assessment in intracranial
MR images, relying mainly on simulations or the field mapping technique. In specific,
Stanescu et al [31] calculated geometric distortion stemming from susceptibility
differences by assigning bulk susceptibility values in CT images of various anatomical
sites, including the brain. Maximum calculated distortion reached 5.6 ppm at the air
cavities. Wachowicz et al [43] calculated susceptibility induced distortion in the brain
in a rotating magnet MR-linac design and reported maximum distortion of 7.1 ppm.
The field mapping technique was implemented in 19 intracranial MR scans in the study
of Wang et al [30]. Following phase unwrapping, the analysis revealed distortion less
than 4.4 ppm near or around the sagittal sinuses. Although the above studies effectively
detected or calculated patient-dependent intracranial distortion, MR-related geometric
uncertainty in the brain lesion localization was not assessed. In SRS treatment planning,
inaccuracies in localization and margin delineation of brain lesions constitute a major
cause of concern [2,9,10,61]. The need to define an optimal margin around the GTV is

of great importance in order to minimize radiation induced toxicity [60], especially
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when multiple targets are treated such as in multiple brain metastases patients. A
uniform margin of 1 mm has been reported to reduce risk of normal brain radionecrosis
compared to a 3 mm margin [60,61]. In other approaches, sub-millimeter or zero
margins are routinely applied, minimizing the risk of radionecrosis [60], but reducing
or eliminating margins increases the risk of target underdosage and local recurrence.
Geometric offsets of the order of 1 mm can result in considerable target underdosage,
compromising treatment efficiency [9,10,147]. Furthermore, in SRS treatment planning
based only on MRI (i.e., where MRI-CT spatial registration is not relevant [103]),
patient-induced distortion in areas distant to the targets cannot considerably affect
treatment planning and dose delivery. Therefore, this study focused on the
characterization and evaluation of sequence dependent distortion in and around brain
lesions, i.e., the high dose areas. A dedicated phantom and a limited number of patients,
as well as pulse sequences and imaging parameters used clinically for SRS treatment

planning, were employed to approximate real conditions.

In the phantom study of this work, both the read gradient polarity reversal and field
mapping techniques were applied for sequence dependent distortion detection. Using
the CPs of the phantom, results of both techniques were inter-compared for cross-
validation. Although results were found in good agreement, the field mapping
technique is less efficient since the phase unwrapping step is time-consuming and
subject to unwrapping errors [97,98]. Brain lesions were simulated as small cylindrical
inserts lying in the periphery of the phantom. The inserts were filled with Gd-DTPA
solution of varying concentration to study the contrast agent induced susceptibility
effect. Using the field mapping technique, distortion values were found to vary
significantly inside and close to the susceptibility cavity. Since it is unclear how these
distortions translate to geometric offset, this technique was not used to evaluate contrast
agent induced displacement. However, it was used to evaluate Bo inhomogeneity related
distortion close to the inserts in order to derive, employing results obtained with the
read gradient polarity reversal method, the net centroid offset owing to the Gd-DTPA
contrast agent. As evidenced by data in Figures 6-2(a),(d) and 6-3(a),(d), the field
mapping technique is robust even in the presence of miniature distortions (e.g., 0.1
mm). This may not stand true with the read gradient polarity reversal method (that is
merely based on the subtraction of measurable offsets), especially in the case of reduced

contrast or not well-defined boundaries.
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Contrast agent presence was found to significantly affect phantom insert centroids,
since mean values of 0.067 mm/mM and 0.054 mm/mM (corresponding to 0.205
ppm/mM and 0.165 ppm/mM, respectively) were estimated for read gradient direction
in x-axis and y-axis, respectively. However, distortion magnitude in and around a
susceptibility cavity is not constant and, in addition, it greatly depends on cavity size,
shape, orientation with respect to Bo and imaging parameters used [31,43,47,72].
Therefore, quantitative results provided should only be treated as indicative for the
specific MR imaging sequence and scanning parameters (which are, however, clinically
used in SRS treatment planning) and a cylindrical cavity with a size of the order of 700
mm?. In another phantom study [91], the authors measured a Gd-induced distortion of
0.109 ppm/mM for an infinitely long cylinder parallel to Bo. Based on theoretical
calculations for a spherical cavity, an offset of 0.218 ppm/mM is expected at the cavity
border and no frequency shift at the center [91]. Also, it should be pointed out that
higher concentrations do not necessarily result in greater overall sequence dependent
distortion magnitudes (i.e. including Bo inhomogeneity) at the insert locations. This is
because the two distortion vector components, stemming from susceptibility
differences due to the presence of the Gd-DTPA contrast agent and from Bo

inhomogeneity, respectively, may point to different directions.

In the patient study of this work, effort was made to characterize the distortion at brain
metastases locations. A methodology similar to that used in the phantom study was
implemented to dissociate distortion stemming from Bo inhomogeneity and potential
chemical shift effects from susceptibility induced distortion. Bg inhomogeneity related
distortion opposed susceptibility related offset at inferior brain areas, resulting in
minimal overall centroid offsets. At S brain areas, however, Bg inhomogeneity changed
sign, increasing considerably the total distortion as reflected by overall centroid offset.
Maximum detected overall centroid offset approached 0.9 mm (3.73 ppm) for the
specific set of brain lesion locations examined and imaging parameters used. It should
be noted that metastases lying in even more distant areas from MR isocenter are
expected to exhibit even higher distortion magnitude due to further Bo homogeneity
degradation [33]. Since sequence dependent distortion scales linearly with Bo [2], an
almost double offset would be realized at 3.0T. Other sources of MR-related geometric
degradation in SRS applications include gradient non-linearity and the stereotactic

frame used for patient immobilization and image registration. For the lesion locations
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considered herein, gradient non-linearity induced distortion, exhibited on any axis, can
reach 0.8 mm [26].

Several caveats of the current study are noteworthy. Presented results are only valid for
the specific scanner, magnetic field strength, acquisition parameters (e.g., echo time),
contrast agent concentrations, target sizes, shapes and orientations with respect to Bo
assumed in this study. Moreover, in vivo contrast agent concentration varies with
administration dosage and time [169,170,172]. Therefore, quantitative results should
be treated as indicative for the experimental conditions used herein. The clinical
significance of the presented results was not assessed. The extra imaging time required
constitutes a major limitation of the proposed methodology. Sequence dependent
distortion in areas away from targets (i.e., at low dose areas) was not evaluated,
although it is expected to reach several millimeters at the air interfaces [30,31]. This
remark also suggests that in certain clinical cases, such as acoustic neuromas where the
target lies close to the bone-air interface, increased sequence dependent distortion could
be exhibited. Residual sequence independent distortions were not considered, whilst no
attempt was made to correct for detected distortions. A patient study of adequate sample
size which will comprise of various clinical cases is warranted to assess the true clinical
impact of sequence dependent distortions. Future work should also focus on the

implementation and comparison of MR image correction schemes.

For the MRI protocol and imaging conditions used in this study, as well as the set of
metastases locations examined, an average sequence dependent distortion of 0.54 mm
(2.24 ppm) was estimated. Although this distortion magnitude may be regarded as
relatively small, compared to the MR distortion or spatial uncertainty emanating from
other sources, its effect on target localization in SRS treatment planning can be easily
appreciated by simply acquiring an extra MR image series with reversed read gradient
polarity. During target definition and treatment planning, both the forward and reversed
polarity series, which are a priori spatially co-registered provided that the patient did
not move, can be taken into account. The target contour or applied margins can be
extended to cover the target identified in both image series. Another approach would
be to correct acquired images for sequence dependent distortion and use the corrected
series for target localization. To this purpose, several methods have been proposed

[10,39,40,42,173]. However, implementation of these methods in routine clinical
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practice is not straightforward, while it requires painstaking image processing steps

which need to be validated.

6.5 Conclusion

Target mispositioning due to MRI distortion could adversely affect the efficiency of
SRS planning, especially in locations where Gd-DTPA induced susceptibility and Bo
inhomogeneity add up to each other, thus resulting in increased overall distortion. The
field mapping technique is suitable to provide sequence dependent distortion maps, but
the reversed read gradient polarity method allows for a more straightforward and
efficient visualization of the sequence dependent distortion at target locations. By
carefully inspecting both the forward and reversed polarity image series during
treatment planning and target/margin definition, sequence dependent distortion can be

easily taken into consideration and partially dealt with.
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/7 Dosimetric impact

7.1 Introduction

In an effort to determine spatial accuracy tolerance specifically for SRS applications,
the dosimetric impact of the geometric uncertainties was investigated by simulating
distortions and studying their impact on Dose Volume Histograms (DVHSs) and plan
quality metrics clinically used for plan evaluation in highly conformal SRS

applications.

7.2 Materials and Methods

In order to quantify the dosimetric effect of the detected distortion, a highly VMAT
technique using multiple non-coplanar arcs [157,174,175] was utilized to irradiate
targets of different diameters (5 to 50 mm). In specific, the Monaco v. 5.1.1 (ELEKTA
Instrument AB, Stockholm, Sweden) treatment planning system based on X-ray Voxel
Monte Carlo (XVMC) and constraint optimization algorithms with biological cost
functions was used to plan a four non-coplanar arc arrangement (one full arc with couch
angle 0° and three half arcs with couch angles 315°, 45° and 90°) with the 6 MV photon
beam energy setting of an ELEKTA Axesse linear accelerator equipped with beam
modulator (4mm MLC leaves width). Dose calculations were performed on a
rectangular grid of (1 mm)? voxel size requiring MC statistical uncertainty of 1%
(normalized standard deviation). A dose of 20 Gy was prescribed to cover the 95% of
the volume of each target. DVVHs and plan quality metrics commonly used in the clinical
setting were calculated for the different diameter targets and exported to form a
reference dataset. Reference dataset included — inter alia — i) the dose received by at
least 95% of the target volume (Dgs) used for target coverage evaluation ii) the
Paddick’s conformity index (CI) [176] used to evaluate the conformity of the

prescription dose to the target volume, iii) the dose received by at least 50% of the target
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(Dso), iv) the minimum (Dmin) and v) the mean dose (Dmean). Spatial offsets of 0.5 up to
3 mm towards either the x (L — R), y (A —P) or z (S — 1) axes were deliberately added
to the target locations and dose distributions were re-calculated. DVHs and the
aforementioned metrics were calculated for the plans with the mispositioned target

locations, then exported and compared with the reference dataset.

7.3 Results
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Figure 7-1: Calculated DVHs for the original plan (No Offset) as well as for the deliberately mispositioned targets
towards the x direction (0.5 up to 3mm Offset) for four representative target sizes.
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Figure 7-1 presents the impact of simulated geometric distortion (indicatively, along x-
axis) on calculated DVHs for four representative target sizes (5, 10, 20 and 50 mm) and
the highly conformal VMAT plans created using the four non-coplanar arcs technique.
For the smallest target (5mm diameter) the effect is considerable even for a spatial
offset of 1 mm. As seen, target coverage deteriorates with increasing geometric offset
with the effect being more pronounced for smaller target sizes. Corresponding findings
are also highlighted in Table 7-1. The Dgs and the Paddick’s CI [176] are tabulated for
the original and x-axis mispositioned target locations. Both indices are very sensitive
on both geometric distortion and target size, with their values rapidly decreasing as
distortion magnitude increases and/or target size decreases. This trend is clearly shown
in Figure 7-2 where the magnitude of the geometric uncertainty (distortion) resulting in
Dos differences greater than 5% is plotted against target diameter. The Dmin index is
even more sensitive to distortion than the Des, while Dmean and Dso are only affected for
target sizes up to 10 mm. Similar DVH results were obtained for target misposition on
y and z axes. However, the Dgs value was found slightly more sensitive to distortion on
z-axis for the smallest target sizes due to the increased dose gradient on this direction.
This is illustrated in Figure 7-2 where target misposition that yields 5% difference on

Dgs is systematically lower for z-axis results.

Table 7-1: Effect of spatial offset towards the x direction on plan quality metrics for five target sizes.

Target size  X-Offset (mm) Dos (Gy) Difference (%) Paddick’s CI Difference (%)

0.0 20.0 - 0.65 -
0.5 19.8 -0.8 0.63 -2.4
1.0 18.7 -6.7 0.53 -18.6
5mm 1.5 18.5 -71.5 0.48 -26.3
2.0 15.9 -20.6 0.26 -59.7
2.5 15.6 -22.0 0.23 -65.1
3.0 12.8 -36.1 0.10 -85.2
0.0 20.0 - 0.77 -
10mm
0.5 19.5 -2.7 0.74 -3.3
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1.0 19.1 -4.4 0.70 -8.5
15 17.8 -10.9 0.60 -21.9
2.0 17.3 -135 0.53 -31.2
2.5 15.5 -22.4 0.44 -42.7
3.0 14.9 -25.3 0.38 -51.1
0.0 20.0 - 0.93 -
0.5 19.7 -1.8 0.88 4.7
1.0 19.2 -3.8 0.84 -9.4
20mm 1.5 18.4 -8.0 0.78 -15.4
2.0 17.6 -11.8 0.73 -21.4
2.5 16.7 -16.7 0.68 -26.6
3.0 15.7 -21.3 0.63 -32.0
0.0 20.0 - 0.93 -
0.5 19.9 -0.5 0.92 -1.7
1.0 19.7 -1.4 0.90 -3.8
30mm 1.5 19.3 -3.5 0.86 -1.7
2.0 18.7 -6.3 0.83 -11.2
2.5 17.8 -111 0.79 -15.6
3.0 17.3 -13.7 0.75 -19.0
0.0 20.0 - 0.94 -
0.5 19.9 -0.3 0.93 -1.0
1.0 19.8 -0.9 0.91 -3.2
50mm 1.5 19.6 -2.0 0.89 -5.5
2.0 19.3 -3.4 0.87 -1.7
2.5 19.0 -5.0 0.85 -10.3
3.0 18.7 -6.7 0.83 -12.4
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Figure 7-2: Geometric uncertainty on x, y and z axes resulting in difference greater than 5% in Dgs value as a
function of target diameter.

7.4 Discussion

To the best of our knowledge, no specific guidelines have been proposed with respect
to the tolerance of geometric uncertainty in MRI series used in SRS treatment planning.
Outdated guidelines [177] for radiotherapy QA suggest that geometric distortion of
more than 2 mm requires consideration. Weygand et al [2] suggest that MR-related
geometric distortions should be measured and accounted for when defining margins for
determination of the planning target volume in MRI-guided radiotherapy applications.
In this work, effort was made to quantitively assess what could be considered
unacceptable distortion. Therefore, an investigation of the induced dosimetric error
with respect to target dose delivery was conducted by applying geometric offsets of 0.5
up to 3 mm for several spherical targets irradiated using a highly conformal VMAT
technique with multiple non-coplanar arcs. It is clearly shown that the required
geometric accuracy depends significantly on target size. Target coverage, expressed by
the Dgs value and in a greater extend by Paddick’s CI (which takes into account both
target coverage and the conformity of the prescription dose to the target volume [176])
are deteriorated (decreased) as the magnitude of geometric distortion increases and
target size decreases. For targets less than 2 cm in diameter, a spatial displacement of

the order of 1 mm could significantly affect both Dgs and Paddick’s CI values, with
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differences being greater than 5% compared to the reference (non-distorted) plan. For
targets with diameter up to 3 cm, Dgs could be affected by spatial distortions of the
order of 1.5 mm. For larger target diameters, geometric distortions greater than 2 mm
are required to considerably (>5%) affect plan evaluation indices (Figure 7-2).
Nevertheless, SRS applications are usually applied to irradiate multiple targets with
diameters less than 3 cm, such as in multiple brain metastases cases [157,174,175,178],
where small-sized targets could lie on the periphery of the brain where distortion greatly
increases. If all sources of geometric uncertainties are considered (MRI system-related,
MRI patient-induced, spatial registration, patient set-up, mechanical accuracy) and no
margins are applied in treatment planning (a practice that is commonly followed in SRS
applications [153,178]) deterioration of plan evaluation indices could reach
unacceptable levels.

A limitation of this study is that the analysis of the dosimetric impact was not
comprehensive. As an example, the spatial offsets investigated were only towards one
axis while target shapes were always spherical. Induced dosimetric effects could
considerably vary in case of non-uniform or different dose gradients and irregular target
shapes. Furthermore, in a more realistic case, total distortion distribution is not uniform
in the entire target volume, resulting to a deformable transformation of the structure. In
the present study, only rigid transformations were applied, corresponding to uniform
distortions. Moreover, MR-related geometric distortions do have a dosimetric impact
to organs at risk as well, which is expected to depend on the magnitude and direction
of distortion vectors at the location of each organ. However, this is beyond the scope of
this work, which emphasizes in the corresponding impact on the target delivered dose

distributions.

7.5 Conclusion

In highly conformal VMAT technique plans for SRS, it is concluded that the required
geometric accuracy/tolerance level depends significantly on target size. Target
coverage, expressed by the Dgs value and in a greater extend by Paddick’s CI are
deteriorated (decreased) as the magnitude of geometric distortion increases and target
size decreases. For targets less than 2 cm in diameter, a spatial displacement of the order
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of 1 mm could significantly affect both Des and Paddick’s CI values, with differences
being greater than 5% compared to the reference (non-distorted) plan. For targets with
diameter up to 3 cm, Dgs could be affected by spatial distortions of the order of 1.5 mm.
For larger target diameters, geometric distortions greater than 2 mm are required to

considerably (>5%) affect plan evaluation indices.
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PART C: MR DISTORTION
CORRECTION SCHEMES
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8 Vendor-supplied distortion correction
algorithms at 1.5T and 3.0 T

Summary

MR scanner manufacturers have equipped their units with distortion correction
algorithms to mainly compensate for gradient nonlinearity induced spatial inaccuracies.
The purpose of this study is to assess the efficacy of these algorithms by comparing
distortion maps deduced with and without the optional distortion correction schemes

enabled for a variety of MRI scanners.

A new custom acrylic-based phantom was designed and constructed in-house for
distortion detection similar in concept with the prototype one but encompassing a
substantially increased number of CPs. Its external dimensions were limited to
approximately 17x16x16 cm?® in order to accurately fit in a typical head coil while
extending to the edges of the available space. On eleven axial planes, a total of 1978
holes were drilled, the centers of which serve as CPs for distortion detection. Center-
to-center CP distance is 10 mm on x and y axis and 14 mm on z axis, resulting in
adequately high CP density. The phantom was filled with copper sulfate solution and
MR scanned at 1.5T (SIEMENS Avanto, Philips Achieva) and 3.0T (SIEMENS Skyra)
using the corresponding standard clinical MR protocol for SRS treatment planning. All
scans were repeated after disabling the vendor supplied distortion correction scheme.
The phantom was emptied and CT scanned to provide the reference CP distribution. In-
house MATLAB routines were developed for distortion assessment. Reference and
evaluated CP distributions are spatially registered and compared to derive 3D distortion
maps. This methodology does not consider uniform geometric distortion as it cancels
out during the spatial registration step. This results in omitting uniform susceptibility-
induced CP displacements and thus mainly takes into account machine-related

distortions.
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At central slices, around the scanners’ isocenters minimum distortion was detected even
with the correction algorithms disabled. However, at the edges of the available space
distortion magnitude greatly increases and efficacy of algorithm becomes paramount.
Maximum detected distortion reaches 3.1 mm for the SIEMENS 3.0T scanner but is
reduced to 1.4 mm if the correction algorithm is enabled. For the 1.5T scanners, mean
absolute CP displacement is reduced by approximately 0.6 mm, while exceeding 1mm

prior to correction.

A methodology was developed and implemented to assess the accuracy of vendor
supplied distortion correction schemes applied to SRS used MR protocols. Overall
results of this work suggest that geometric distortions could be a concern around the

edges of the field of view even with the correction algorithms enabled.

8.1 Introduction

All major MR scanner manufacturers have equipped their units with distortion
correction algorithms applied as post-imaging steps [1]. These algorithms account for
gradient nonlinearities induced geometric distortion, exhibited on any axis of the 3D
coordinate system. However, the available distortion correction algorithms are either
2D or 3D, depending on the available options of each vendor. The former corrects only
the in-plane distortions but does not account for any potential slice curving effects. Each
output slice is computed from the voxels of the appropriate input slice only. On the
other hand, the 3D algorithm uses voxels from several surrounding slices and, therefore,
is able to compensate the slice curving effects as well [35]. In any case, distortion field
is calculated by comparing the actual gradient field with the assumed linear one. It is
measured for the specific MR unit (device-specific) and assumed stable with time.
Moreover, gradient field nonlinearity is a sequence independent source of geometric
distortion and, therefore, corresponding distortion field can be used to predict and

correct distortion in images acquired with different imaging sequences [27].

Once the distortion field is determined, it can be used to correct the image series by
applying a transformation from distorted image space to the undistorted one. As

described in Section 2.9, this is actually an interpolation task [2] with several different
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approaches presented, ranging from spherical harmonics to polynomial and spline
interpolations [149,179-181].

The main advantage of vendor-supplied correction algorithms is that they can be
applied automatically, if enabled, with a negligible impact on image reconstruction time

[1] and no impact on scanning time.

In this study, the efficacy of these algorithms is investigated, as implemented in a
variety of MR scanners and specifically in a Philips Achieva 1.5T, a SIEMENS Avanto
1.5T and a SIEMENS Skyra 3.0T. For this purpose, a dedicated distortion detection
phantom with high CP density was designed and constructed based on the experience
gained with the construction of the prototype phantom, used in the studies presented in

the previous Chapters.

8.2 Materials and Methods

8.2.1 High-resolution distortion detection phantom

For the purposes of this study, a new phantom was designed and constructed based on
the prototype phantom used in the previous Chapters. The new phantom was re-
designed in order to incorporate more CPs and by increasing the CP density on the z-
axis. Therefore, a CP grid resolution of 10 x 10 x 14 mm? was achieved by placing 11
acrylic planes of 4mm thickness in parallel on the x-y plane at a spacing of 14 mm. A
3D model of the phantom during the designing stage is presented in Figure 8-1, while
the final constructed phantom is shown in Figure 8-2. On every acrylic plane, a number
of 110 up to 206 holes (depending on the size of the plane) were drilled, defining CP
locations for distortion detection. Subsequently, a total of 1978 CPs were encompassed
in this high-resolution distortion detection version of the phantom. Its maximum
external dimensions were deliberately kept relatively small (approximately 17 x 16 x
16 cm?) so that it can fit in a typical head coil, in order to simulate an intracranial MR
scan for SRS treatment planning purposes. Most importantly, the new phantom is also
both CT and MR compatible. CT scan is performed with the phantom empty, exploiting
the air-acrylic contrast in the CT image stack. On the other hand, prior to MR scanning
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the phantom must be filled with the standard copper sulfate solution (commonly used

in MR phantoms) in order to take advantage of the high acrylic-solution contrast.

Figure 8-1: Views of the 3D model of the high-resolution distortion detection phantom during the designing stage.

Figure 8-2: Pictures of the phantom developed for high resolution residual distortion detection.

8.2.2 Image acquisitions

The phantom was filled with copper sulfate solution and scanned using the standard
clinical MR protocol and parameters for SRS treatment planning purposes. A variety
of scanners were employed in this study as the vendor-supplied correction algorithms

are device-specific [35]. Emphasis was given to involve both 1.5 and 3.0T scanners.
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Specific details for the scanners and imaging protocols used are given in Table 8-1. All
scans were repeated after disabling the vendor-supplied distortion correction scheme.
The phantom was emptied and CT scanned to provide the reference CP distribution. In
particular, a SIEMENS Sensation scanner was operated at 120 kVp to acquire an image
stack with a reconstructed voxel size of 0.54 x 0.54 x 0.75 mm®. An indicative axial
and sagittal slice of the CT and MR images acquired are presented in Figure 8-3. CP
localization for all image series was performed with sub-millimeter accuracy, according

to the methodology described in Chapter 4 and [26].

Table 8-1: Specific details of MR scanners and imaging parameters used in this study.

Vendor-
Pixel supplied
Series TE/TR/FA Bandwidth distortion
MR unit ID Protocol Name (msec/msec/®)  Voxel Size (mm?®) (Hz/px) correction
Philips 1 3D Tlw FFE 4.6/25/30 0.82x0.82x1 217 OFF
Achieva
15T 2  3DTIwFFE 4.6/25/30 0.82x0.82x1 217 ON
SIEMENS 3 T1wMPRAGE  4.3/18/25 1x1x1 170 OFF
Avanto
15T 4 TlwMPRAGE  4.3/18/25 1x1x1 170 ON
SIEMENS 5 Tlw MPRAGE 2.6/1900/9 0.45x0.45x1 3.0 OFF
Skyra3.0T 5 T1wMPRAGE  2.6/1900/9 0.45%0.45x1 1.4 ON

Spatial co-registration between MR and CT coordinate systems was performed by using
the mutual information-based registration algorithm as implemented in the Monaco v.
5.1.1 (ELEKTA Instrument AB, Stockholm, Sweden) treatment planning system.
Reference and evaluated CP distributions were spatially registered and compared to
derive 3D distortion maps. This methodology does not consider uniform geometric
distortion as it cancels out during the spatial registration step. This results in omitting
uniform susceptibility-induced CP displacements and, thus, mainly takes into account

machine-related distortions.
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Figure 8-3: CT (top row) and MR (bottom row) scans of the high-resolution distortion detection phantom
developed. Indicative central axial (left) and sagittal (right) slices are presented.

8.3 Results and discussion

Severe geometric distortion was observed in all MR images acquired with distortion
correction algorithms disabled. Figure 8-4 presents an axial MR slice (at 1.5 and 3.0T)
towards the S end of the phantom fused with corresponding CT image. Minimum
distortion is observed at the center of the images, even with corrections disabled.
However, severe geometric warping results in mismatching of the CP grid locations.
After enabling vendor-supplied distortion correction schemes, CP locations are

matched, while residual distortion is still evident at the edges of the field of view.
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Figure 8-4: MR images fused with CT scans of the new phantom for a slice lying at the S side before (left) and
after (right) having enabled the vendor-supplied distortion correction routines.

Table 8-2:  Detected total absolute distortion for the three MR scanners included in this study, with and without
having enabled the distortion correction scheme. Percentages of CPs detected with more than 1 mm of absolute
distortion (% CPs > 1 mm) are also given.

Vendor-
supplied Mean absolute Max absolute CPs>1mm
distortion distortion (mm) distortion (mm) distorted (%)
MR unit Series ID correction
Philips 1 OFF 0.54 1.6 7.1
Achieval5T ON 0.47 1.2 3.6
3 OFF 0.71 2.1 15.6
SIEMENS
Avanto 1.5T
4 ON 0.59 15 11.2
SIEMENS 5 OFF 0.91 3.0 18.2
Skyra 3.0T 6 ON 0.55 14 10.4
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In Table 8-2, statistical analysis of the detected distortion for all images acquired using
the three MR scanners, as well as residual distortion after enabling the vendor-supplied
algorithms is given. Maximum detected distortion reaches 3 mm and was observed
for the SIEMENS 3.0T but is reduced to less than 1.5 mm if the correction algorithm is

enabled.

Results presented in Table 8-2 stem from Bo inhomogeneity and gradient field
nonlinearity and, thus, represent system-related distortions only. However, vendor-
supplied distortion correction algorithms account only for gradient field nonlinearity
distortions, without affecting the former. Susceptibility-related distortion is uniform
throughout the image and therefore cancels out during the image registration process
with CT coordinate system. Auto-shimming and higher order shimming procedures are
available to minimize Bo inhomogeneity related distortions [171], although they have
to be employed on each scan separately, as constituting a sequence dependent type of
distortion [33].

8.4 Conclusion

A methodology was developed and implemented to assess the accuracy of vendor
supplied distortion correction schemes, applied to SRS-used MR protocols. Overall
results of this work suggest that geometric distortions could be a concern around the
edges of the field of view (even with the correction algorithms enabled) in SRS
applications involving small target sizes, at least for the clinical MR protocols and units
investigated.
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9 The average-image distortion
correction method: implementation in
multiple brain metastases

Summary

The purpose of this study is to propose, verify, and implement a simple and efficient
methodology for the improvement of total geometric accuracy in multiple brain
metastases GK SRS.

The proposed methodology exploits the directional dependence of MRI-related spatial
sequence dependent distortions, with respect to the read-gradient polarity during
MRI acquisition. First, an extra MRI pulse sequence is acquired with the same
imaging parameters as those used for routine patient imaging, aside from a reversal
in the read-gradient polarity. Then, “average” image data are compounded from data
acquired from the 2 MRI sequences and are used for treatment planning purposes. The
method was applied and verified in a polymer gel phantom irradiated with multiple
shots in an extended region of the GK stereotactic space. Its clinical impact in dose
delivery accuracy was assessed in 15 patients with a total of 96 relatively small (<2

cm) metastases treated with GK radiation surgery.

Phantom study results showed that use of average MR images eliminates the effect of
sequence dependent distortions, leading to a total spatial uncertainty of less than 0.3
mm, attributed mainly to gradient nonlinearities. In brain metastases patients, non-
eliminated sequence-dependent distortions lead to target localization uncertainties of
up to 1.3 mm (mean: 0.51 + 0.37 mm) with respect to the corresponding target locations
in the “average” MRI series. Due to these uncertainties, a considerable underdosage

(5%-32% of the prescription dose) was found in 33% of the studied targets.
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The proposed methodology is simple and straightforward in its implementation.
Regarding multiple brain metastases applications, the suggested approach may

substantially improve total GK dose delivery accuracy in smaller, outlying targets.

9.1 Introduction

In a relatively recent study, an experimental methodology based on the reversed read-
gradient technique [27,42] was proposed for the assessment and characterization of the
various geometric uncertainty components contributing to the entire GK treatment
delivery, including MRI-related spatial distortions [25]. Results showed that frequency-
encoding axis and read gradient polarity choices during MRI acquisition may affect the
magnitude as well as the spatial components of the total GK geometric uncertainty. In
this Chapter, an expeditious methodology to minimize sequence dependent distortions
and, therefore, improve the total geometric accuracy of GK in multiple brain metastases
applications, is proposed. The method requires simply the acquisition of an extra MRI
sequence with the same imaging parameters as those used for routine patient imaging

aside from a reversal in the read gradient polarity.

The proposed methodology was applied to: (1) a polymer gel phantom simulating a GK
multiple metastases treatment for verification purposes; and (2) a clinical MRI dataset
of 15 patients with a total of 96 relatively small brain metastases (<2 cm) and used to

assess the impact of the suggested approach on total GK dose delivery accuracy.

9.2 Materials and Methods

9.2.1 Phantom study

This work implemented an end-to-end process proposed and used for the experimental
assessment and characterization of total geometrical uncertainty in clinical GK
applications [25]. Briefly, a custom-made PMMA spherical phantom (16 cm in
diameter) filled with normoxic polymer gel [25] was used to accurately reproduce every

link in the GK treatment chain, from patient imaging and treatment planning to patient
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positioning and dose delivery using the patient positioning system of a GK Perfexion
model. A total of 26 single-shot dose distributions (25 Gy maximum dose) covering the
whole phantom volume were planned on pre-irradiation CT images of the phantom,
using the Leksell GammaPlan version 9.0 treatment planning system. The phantom was
irradiated using the 4 mm collimator and was subsequently imaged at 1.5 T (Intera
model; Philips Best, The Netherlands) using a 3D turbo spin echo, T2w sequence (TE
=160 msec, TR = 2700 msec, 1 x 1 x 1 mm? acquisition/reconstruction voxel size).
Two similar scans with the read-gradient polarity switched in opposite directions (i.e.,
forward and reverse) were acquired. A simple algorithm was developed to provide an
“average” image series by compounding the forward- and reverse-acquired image
series. Averaging of corresponding forward and reverse signal intensities was
implemented on a pixel-by-pixel basis. The resulting average and original forward and

reverse image series was independently used for treatment planning purposes.

Forward, reverse, and average series images were registered in the Leksell coordinate
system by using the fiducial points generated in each image by the N-shaped rods on
the Leksell indicator box. To qualitatively assess the geometrical uncertainties in each
series, each shot was contoured on every MR series using the segmentation tool
incorporated in the GammaPlan treatment planning system. Segmentation was based
on the visible radiation-induced polymerization area after thresholding all 3 series at
the same gray scale level. To quantitatively evaluate the geometrical uncertainties for
each shot in the 3 series, the centers of the 26 shots served as CPs. These points were
identified as the centers of mass (CM) of the radiation-induced polymerization area
corresponding to each delivered shot. CM coordinates were determined with
submillimeter accuracy using an in-house developed image processing algorithm [25].
The magnitude of the total geometric uncertainty, d5°¢, for each CP was determined as
the geometric deviation of its CM location in a given series (i.e., the CM coordinates
of the radiation-induced polymerization volume) with respect to its reference location,

dictated by the planned coordinates of the corresponding dose distribution.

9.2.2 Patient study

The above-described methodology was applied to 15 patients with a total number of 96

metastases treated with GK and using MRI for treatment planning purposes. The study

154



was approved by the hospital’s Institutional Review Board. All metastases considered
were of relatively small volume, exhibiting a diameter of less than 2 cm (85% and 52%
of metastases had a diameter of <1 cm and <0.5 cm, respectively). Patients were
scanned at 1.5 T with a double dose Gd-enhanced 3D T1w gradient recalled echo pulse
sequence (TE = 4.6 msec, TR = 25 msec, 0.91 x 0.91 x 1.5 mm? acquisition voxel size,
0.82 x 0.82 x 1.5 mm? reconstruction voxel size, forward read gradient polarity, 9
minutes scanning time), routinely used for target definition in multiple metastases
cases. An extra sequence was acquired with the same imaging parameters as those in
the clinically used sequence aside from a reversal in the read gradient polarity (reverse
scan). Using the above-mentioned in-house built algorithm, we produced an average

MRI series for every patient.

Forward, reverse, and average series images were registered in the Leksell stereotactic
space, as in the phantom study. Metastases targets were contoured independently in
each series by the same experienced physician. To eliminate variability, this task was
performed automatically by applying identical grayscale threshold levels in the
different MRI series by using the GammaPlan’s segmentation tool. Highly conformal
patient plans based on the forward series were subsequently produced. In most of these
plans, a single 4 or 8 mm shot was used for each metastasis, and the prescription isodose
(50%-80%) was chosen so that the prescription dose of 25 Gy covered 99% of the target
volume (i.e., Vasgy = 99%, and Dggy = 25 Gy), as determined in the forward series.
Corresponding Vascy and Dgge, Values were also determined for all targets contoured in
the average series. Geometric uncertainties associated with the forward (i.e., the
clinically used) series were determined by comparing the shot position (i.e., center
coordinates) covering the target in the forward series with the corresponding shot

position covering the same target in the average series.

9.3 Results

9.3.1 Phantom study

Figure 9-1 presents central views in axial, coronal, and sagittal planes of the radiation

induced polymerization area corresponding to the 4 mm shot with reference coordinates
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[X,y, z] =[100, 100, 100] (defining the UCP location) as shown in the forward, reverse,
and average image series (top, middle, and bottom row), respectively, following image
spatial co-registration. The polymerization area simulating a target was contoured
independently in the forward (Figure 9-1, red), reverse (Figure 9-1, blue), and average
(Figure 9-1, green) images by using identical gray-scale threshold levels (volumes of
0.047, 0.046, and 0.047 cm?, respectively, were calculated). All contours, along with
the planned dose distribution (Figure 9-1, yellow), were superimposed on all images
for comparison. The mismatch between the planned dose distribution (Figure 9-1,
yellow) and the contoured target in the forward and reverse series is evident and
exhibits directionality. The close coincidence between the planned dose distribution
and the contour of the polymerization distribution in the average series suggests that
the geometric effect of MRI-related distortions is remarkably suppressed for that image

series.

Figure 9-1: Print-screen images from the GammaPlan treatment planning system presenting the central axial (left
column), sagittal (middle column), and coronal (right column) planes of the radiation-induced polymerization
distribution corresponding to the 4mm shot with reference coordinates (X, y, z) = (100, 100, 100) as shown in forward
(top row), reverse (middle row), and average images (bottom row). The target contour defined independently in
forward, reverse, and average series following registration in the stereotactic space is marked with red, blue, and
green, respectively. The prescription isodose, as planned in the forward MR series, is shown in yellow.
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Figure 9-2: The geometrical uncertainty vector d5°¢ determined for the 2 series acquired with forward (left) and
reverse polarity (middle), as well as for their average series (right). Distortion measurements are presented as a
spatial distribution of scaled vectors: the origin of each vector coincides with the reference coordinates of the

Corresponding shot’s CM, whereas its length, denoting the measured distortion magnitude, is scaled to the length of

the gray vectors residing on (x, y, z) = (170, 30, 30), which corresponds to a 1.5 mm distortion. For reasons of
clarity, the length of the presented vectors was scaled by a factor of 20.

Total spatial uncertainty vectors, d&°*, were determined for forward, reverse, and
average series. Results are presented in Figure 9-2 as a spatial distribution of scaled
vectors: the origin of each vector coincides with the reference coordinates of the
corresponding shot in the stereotactic space, whereas its length denotes the measured
distortion magnitude d5°¢. Although the magnitude of the observed total geometric
distortions is comparable to the MRI voxel dimensions (i.e., 1 mm), they exhibit a clear
directionality with respect to the read gradient polarity selected during acquisition.
Phantom studies with 0.5 mm voxel dimensions resulted in similar geometric
uncertainties (e.g., for the target presented in Figure 9-1, the total geometric uncertainty,
dt°t, was calculated to be 0.88 and 0.84 mm, using a pixel sizeofa 1l x 1 x 1and 0.5 x
0.5 x 0.5 mm?, respectively). In contrast, the use of the average MRI series resulted in
residual distortions of less than 0.3 mm (0.04-0.3 mm) with no noticeable directionality.

9.3.2 Patient study

To evaluate geometric uncertainties in target localization associated with the forward

MRI sequence used clinically, the apparent target locations in forward images were
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compared with corresponding target locations in average images. In accordance with
phantom results, the geometric deviation exhibited a directional dependence on the read
gradient polarity. Figure 9-3 presents a representative metastasis located centrally and
anteriorly (shot coordinates in GammaPlan covering the target in the forward series [X,
y, z] =[98.1, 183.5, 98.2]), as shown in the forward, reverse, and average images (top,
middle, and bottom row), respectively. The target was independently contoured in each
series (Figure 9-3, red, blue, and green for forward, reverse, and average, respectively)
by using identical grayscale threshold levels (respective volumes of 0.45, 0.47, and 0.47
cm?® were calculated). For this target metastasis, deviations of 0.6 mm in the y axis (P —
A direction) and 1.1 mm in the z axis (S — | direction) were found between forward and
average images. Such geometric uncertainties may have a considerable dosimetric
impact on brain target metastases treated with GK single shot dose distributions. The
plan created in the forward series with the 25 Gy prescription isodose (Figure 9-3,
yellow contour) covering 99% of the target volume (V2scy = 99% and/or Degy = 25 Gy)
actually underdosed this target. In the average series, only 90% of the target volume
received the 25 Gy prescription dose (target Vasgy = 90%), with the dose delivered to
the target being 18 Gy (Dgo% = 18 Gy). In this case, therefore, a dose difference of ~

30% was realized.

For the 96 metastases considered, target localization geometrical uncertainties from 0
to 1.3 mm (mean: 0.51 £ 0.37 mm) were observed in the forward series routinely
used for target delineation and planning purposes in multiple brain metastases cases.
Due to these uncertainties, the target coverage of the 25 Gy prescription dose (Vascy)
was found to be <94% (instead of the 99% prescribed in the forward series) for 33%
of the targets (32 of 96 metastases) in the average images. The actual Dgg, Value (dose
covering the 99% of the target in the average series) delivered in these targets was
between 17 and 23.8 Gy (instead of the 25 Gy prescribed dose), which corresponds to
an underdosage (dose difference) ranging from 5% to 32%. The mean underdosage for
all studied targets was 8%. Table 9-1 summarizes geometrical uncertainty and
underdosage values for all 15 patients investigated. Because target contouring was
performed in an automatic way by using identical grayscale threshold levels in all
datasets, target contouring variability was eliminated, with target volumes being similar

in all series (average volumes of 0.29, 0.29, and 0.30 cm?® were calculated for forward,
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Figure 9-3: Print-screen images from the GammaPlan treatment planning system presenting the central axial (left
column), sagittal (middle column), and coronal (right column) views of a 1 cm metastasis as shown in forward (top
row), reverse (middle row), and average images (bottom row). The target contour defined independently in forward,
reverse, and average series following registration in the stereotactic space is marked with red, blue, and green,
respectively. The prescription isodose, as planned in the forward MR series, is shown in yellow.

reverse, and average series, respectively). Use of different grayscale threshold levels
produced geometric distortions that were changed slightly; however, they presented the

same directionality and resulted in similar underdosages of specific targets.

The delivered dose and target coverage differences are generally larger for smaller
metastases as well as for metastases positioned in A and/or P brain regions, where the
greater geometric uncertainties were observed. This is shown in Figure 9-4, which
presents the geometric uncertainties as well as the corresponding target dose differences

determined for a patient plan with 19 metastases performed in the forward series.
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Table 9-1: Results (range and mean values) for the geometry uncertainties in x, y, and z axis directions (dx, dy and dz), as well as for the total spatial uncertainties, dy ", along with resultant

percentage dose difference values DD (%). In all MR scans, frequency encoding was performed along the y-axis.

tot

Range Mean * 1std Dose difference

Patient No. of

ID targets dx dy dz dtot dx dy dz dtot Range Mean + 1 std
1 19 0 - 0 -02 - 09 -0 - 11 0 - 125 0 =+ O 03 +£ 027 035 + 035 051 + 037 0 - 32 9.1 <+ 107
2 2 0 - 0 0 - 04 0 - 05 0 - 064 0 = 0 02 + 028 025 + 035 032 + 045 0 - 10 5 + 7
3 3 0 - 0 01 - 06 01 - 06 01 - 08 0 = 0 037 + 0.5 04 + 026 054 + 0.36 0 - 10 51 + 49
4 8 0o - 0 -01 - 04 0 - 04 01 - 05 002 + 005 011 + 0.2 018 + 018 028 + 0.18 0 - 9 2 £+ 37
5 3 0o - 0 04 - 06 01 - 04 054 - o061 0 =+ O 05 = 01 023 + 015 057 + 0.04 6.2 - 14 89 + 44
6 5 0 - 0 01 - 04 02 - 05 022 - 057 0 = 0 026 + 0.13 03 + 014 041 + 0.15 0 - 104 32 + 44
7 7 0 - 0 0 - 06 0 - 04 0 - 064 0 = 0 032 + 024 013 + 014 036 =+ 0.27 0o - 21 63 + 74
8 7 0o - 0 0 - 04 0 - 05 0 - 058 0 £ O 019 + 016 019 + 0.2 028 =+ 0.22 0 - 22 58 + 85
9 2 0 - 0 04 - 06 02 - 04 044 - 072 0 = 0 05 += 014 03 + 014 058 + 0.19 8 - 15 115 = 5
10 7 0 - 0 02 - 07 02 - 05 028 - 086 0 £ O 048 <+ 0.2 032 + 012 058 + 021 0 - 24 6.1 =+ 93
11 10 01 - 0 0O - 06 01 - 06 014 - 063 -002 + 004 022 + 017 027 + 016 038 =+ 0.18 0 - 11 2 £ 4
12 5 0 - 0 -02 - 08 0 - 07 0 - 11 0 £ O 036 =+ 044 02 =+ 0.29 05 =+ 042 0 - 25 113 + 1238
13 3 02 - 0 01 - 02 0 - 04 01 - 05 -007r + 011 017 + 006 013 + 023 026 = 0.2 2 - 16 105 + 76
14 13 02 - 0 01 - 1 -0 - 07 01 - 11 -001 + 005 049 + 024 023 £+ 026 059 + 0.28 0 - 25 6.2 =+ 7.9
15 2 0O - 01 02 - 03 06 - 07 064 - 0.76 005 + 007 025 + 007 065 =+ 0.65 0.7 + 0.09 12 - 20 162 + 59

Total 96 -02 - 01 -02 - 1 -0 - 11 0 - 13 0 + 004 031 + 025 026 + 024 045 =+ 0.29 0 - 32 8 + 96
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Figure 9-4: Geometric uncertainty and underdosage results associated with the forward series in a patient with 19
metastases. (a) The geometric uncertainty vectors, d;‘", are presented as scaled vectors similarly to those shown in

Figure 9-2. (b) Target underdosage results were derived from target coverage of the prescription dose in the average
images (the center and the diameter of each sphere coincides with the center and diameter of a target metastasis,
whereas its color denotes the percentage of underdosage according to the presented color bar).

9.4 Discussion

In a previous phantom study using the reverse gradient technique [25], it was
demonstrated that certain MRI acquisition parameters, such as the frequency encoding
axis and read gradient polarity, significantly affect the sequence-dependent distortions
due to the directional dependence of field inhomogeneities. The same parameters
influence the direction of the total geometric uncertainty vector associated with the
entire GK treatment delivery process, which also includes the image registration step.
This was confirmed in MRI units from different vendors and various field strengths
(0.5-3.0 T). Applying the same technique in multiple metastases patients, a similar
behavior regarding the spatial geometric uncertainties and their directionality is
revealed. These uncertainties may significantly affect the target coverage in highly
conformal plans, especially for tiny and/or outlying targets. To ensure adequate
prescription dose coverage for these targets, an additional margin of ~1.0 mm can be
prescribed. This approach, however, will increase the 12 Gy volume of normal brain

tissue and, consequently, the brain toxicity risk [60].
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Although several methods with strong theoretical background have been proposed for
reducing the MRI-related distortions [33,39-42,182], none of them, to our knowledge,
has been clinically applied in SRS and, particularly, in GK SRS applications. All these
methods involve specialized and time-consuming (up to several hours [33]) image post-
processing steps and analysis in addition to additional scanning. The proposed
methodology is time efficient (~ 1 min post-processing time) and easily implemented.
As shown in the phantom study, it can substantially reduce the geometric uncertainty
in MR-based GK applications. Moreover, the patient study revealed that the use of
average images can increase the delivery accuracy and target coverage of the
prescription dose in GK multiple metastases cases at the cost of an additional 10
minutes of scanning time. Similar results have been observed in a limited number of
patients requiring highly conformal treatments of other intracranial lesions, such as
arteriovenous malformations and meningiomas, where Gd-enhanced, T1w images are
also used for target delineation. Although an in-house-built algorithm was used to
provide the average image series in this work, a GammaPlan user can appreciate the
methodology’s potential benefit by simply fusing the corresponding forward and
reverse series after they have been independently registered in the Leksell stereotactic

space.

The proposed average method takes into account and eliminates only sequence
dependent spatial distortions and does not treat sequence independent distortions
resulting from gradient nonlinearities. The latter depend on the performance of the
specific gradient coil set installed on the MRI unit used. However, these distortions are
minimal in the investigated Leksell space and equal to the residual geometric
uncertainties associated with the average series in Figure 9-2(c) (< 0.3 mm).
Preliminary phantom studies revealed that the efficacy of the proposed average method
may depend on the magnitude of sequence dependent distortions. In regions with high
levels of sequence dependent distortions (higher than twice the imaging pixel size), not
met in MR images investigated in this study, the target volumes in the average images
can be larger than the corresponding volumes defined in the forward images by using
the same threshold levels. Thus, the method needs to be evaluated further in GK
applications other than brain metastases and/or with different background field

inhomogeneities.
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As an alternative to the preclusive use of MR images, CT images, known to present
minimal geometric distortion, can be used to perform image registration in the LCS,
with MR images being used solely for target delineation. In this case, however, an extra
step is required (i.e., the co-registration between MR and CT images), which adds an
additional uncertainty on the order of 1 mm [144,183]. Furthermore, untreated MRI
geometric distortions may limit the accuracy and, therefore, the usefulness of CT/MR
co-registration [182,184].

9.5 Conclusions

There is an inherent geometric uncertainty in GK applications induced by MRI
sequence dependent spatial distortions. Both phantom and patient studies revealed
geometrical uncertainties, presenting a directional dependence with respect to the
selected read gradient direction. The uncertainty magnitude depends on target size and
position, that is, it is greater for smaller targets and/or targets located in the brain
periphery. Due to this uncertainty, specific targets may be considerably underdosed
when MR images are used for both target delineation and planning purposes. The
proposed methodology, based on the use of average image data resulting from
corresponding MRI series acquired with opposite read gradient polarities, may improve

geometric accuracy and, consequently, total GK dose delivery accuracy.
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10 Comparison of geometric distortion
correction schemes in MR images
used in stereotactic radiosurgery
applications

Summary

The scope of this work is to review, evaluate and compare the efficacy of two proposed
correction approaches; the average-image method (presented and evaluated in Chapter
9) and the more well-established signal integration technique. A specially designed
phantom which incorporates 947 CPs for distortion detection was utilized (presented in
Chapter 4). The phantom was MR scanned at 1.5T using the head coil and the clinically
employed pulse sequence for SRS treatment planning. An additional scan was
performed with identical imaging parameters except for reversal of read gradient
polarity. In-house MATLAB routines were developed for implementation of the signal
integration and average-image distortion correction techniques. The mean CP locations
of the two MR scans were regarded as the reference CP distribution. Residual distortion
was assessed by comparing the corrected CP locations with corresponding reference
positions. Mean absolute distortion on frequency encoding direction was reduced from
0.34 mm (original images) to 0.15 mm and 0.14 mm following application of signal
integration and average-image methods, respectively. However, a maximum residual
distortion of 0.7 mm was still observed for both techniques. The signal integration
method relies on the accuracy of edge detection and requires 3-4 hours of post-imaging
computational time. The average-image technique is a more efficient (processing time
of the order of seconds) and easier to implement method to improve geometric accuracy

in such applications.
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10.1 Introduction

Several sequence dependent distortion correction schemes have been presented
[10,33,39,40], all requiring an extra imaging step and, therefore, resulting in additional
scanning time. An efficient approach for distortion correction in 3D imaging protocols
is to take advantage of the fact that sequence-dependent distortions are polarity
dependent [33], in the sense that distortion changes sign with the polarity of the
frequency encoding gradient field. Correction methods that rely on read gradient
reversal account for all sequence dependent sources of distortion including static
magnetic field inhomogeneity, susceptibility differences and chemical shift artifacts but
disregard distortion induced by gradient nonlinearities (sequence independent
distortion [33]). In this work, the prototype head phantom was employed to investigate
and compare the efficacy of two proposed sequence dependent distortion correction
schemes; the average-image method and the signal integration technique, both relying

on read gradient polarity reversal.

10.2 Materials and Methods

10.2.1 The phantom

The prototype head-size MR phantom was implemented to study the efficacy of
distortion correction techniques. The phantom was MR scanned filled with copper
sulfate solution, yielding high-contrast with acrylic and facilitating CP localization.
However, differences in magnetic susceptibility between the solution and acrylic also
result in object-induced geometric distortions, which come in addition to existing static
magnetic field inhomogeneity related spatial distortions [2,33].

10.2.2 Image acquisitions

The filled phantom was positioned in the center of the head coil of a Philips Multiva
1.5T scanner (Philips Medical Systems, The Netherlands). A clinically used for
intracranial SRS treatment planning 3D T1w Fast Field Echo (FFE) pulse sequence was
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employed using a reconstruction voxel size of 0.98 x 0.98 x 1 mm?®, a bandwidth of 191
Hz/pixel and selecting the y-axis (i.e., A — P) as the frequency encoding direction. Since
sequence dependent distortion correction schemes are based on the reversal of read
gradient polarity [33], an identical pulse sequence was added to the imaging protocol
after reversing the read gradient direction (i.e., P — A), doubling the scanning time. The
MR imaging protocol was repeated by applying the frequency encoding direction on
the x-axis (i.e., L — R and R — L directions). 3D sequence independent distortion
correction routines, provided by the MR scanner vendor, were enabled and applied to
all sequences acquired, thus, minimizing distortions due to gradient nonlinearities
which are not corrected nor accounted for by any of the correction schemes involved in

this comparative study.

10.2.3 Image processing

Using in-house MATLAB (The MathWorks, Inc., Natick, MA) routines, forward and
reversed polarity image scans were processed to determine the distortion of the original
images. In particular, the mean CP location identified in the opposed polarity MR scans
was considered as the reference (undistorted) CP position. Distortion of the original
image was determined by the spatial offset between CP location in the forward image

scan and the corresponding reference location.

10.2.3.1 Signal integration correction method

The signal integration technique for sequence-dependent distortion correction is
described in detail in the work of Morgan et al [40]. Briefly, the method relies on the
fact that the integral of the image signal along the frequency encoding direction is not
affected by spatial distortion and, therefore, matching points between the forward and
the reversed polarity MR scans are identified at the locations where the two integrals
equalize, yielding the distortion map. In addition, the original image is also corrected
for the pixel intensity for the transformation between the undistorted and distorted
image spaces, using the Jacobian determinant of the distortion map [28]. Further details
related to the calculation of the Jacobian determinant were given in Section 2.9.
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10.2.3.2 Average-image correction method

The average image method was presented and evaluated for a series of GK SRS

multiple brain metastases cases in Chapter 9. Briefly, it simply combines the forward

and reversed polarity images into a new image in which pixel intensity is the average

of the original images. Consequently, post-image processing is minimal (of the order

of seconds) and straightforward. However, no signal intensity corrections can be

applied since distortion maps cannot be determined.

Following implementation of both distortion correction methods, residual distortions

were assessed as the CP offsets between the reference and the corresponding corrected

CP locations.

10.3 Results and discussion

Table 10-1: Statistical analysis for distortion detected for the original and corrected images.

Frequency

encoding Mean = 1std  Mean abs + 1std

direction Image Range (mm) (mm)? (mm) P Median (mm)
Original -0.16 — 1.07 0.34+£0.23 0.34+£0.23 0.35

y-axis (A-P) Average-Image -0.75-0.49 -0.02 £0.20 0.14+0.15 0.00
Signal Integration ~ -0.59 - 0.77 0.05+£0.22 0.15+£0.16 0.00
Original -0.12 - 1.06 0.32+£0.25 0.33+£0.24 0.27

x-axis (L-R) Average-Image -0.70-0.74 -0.05+0.18 0.12+0.14 -0.01
Signal Integration ~ -0.56 — 0.68 -0.03 +0.18 0.13+0.13 0.01

@ Mean detected distortion + 1 standard deviation

b Mean detected distortion magnitude + 1 standard deviation

167




Y axis (mm)

Detected distortion for the original images identified using all 947 CPs is presented in
Table 10-1. The mean distortion in the entire volume scanned is 0.3 mm irrespective of
selection of frequency encoding direction, while the maximum distortion exceeds 1
mm. After applying the correction techniques, mean and median distortion reduces to
practically zero. However, the maximum detected CP offset reaches 0.7 mm which
could be attributed to non-systematic errors of the CP localization algorithm occurring
in areas of reduced signal. Implementation of the signal integration method requires a
few hours of post-imaging computational time while the average-image method is more

efficient (processing time of the order of seconds).

Figure 10-1 depicts the distortion magnitude and orientation for the original and
corrected images with the frequency encoding gradient set on y-axis. For the original
image (Figure 10-1(a)), distortion is mainly directed towards the frequency encoding
direction due to the combined effect of susceptibility differences and static magnetic
field inhomogeneity. For both corrected images (Figures 10-1(b),(c)), distortion on y-

axis is negligible while minimal residual distortion is observed at random orientations.
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Figure 10-1: Distortion vectors (magnified by a factor of 15 to facilitate readability) for an indicative axial plane of
the phantom corresponding to the original (a), as well as the average-image (b) and signal integration (c) corrected
images with the read gradient direction set on the y-axis.

Figure 10-2 presents histograms of the identified distortion using all 947 CPs in all
image series for direct comparison. While for the original images, distortion
distribution is shifted towards the positive distortion direction, residual distortion

identified in the corrected images is distributed around zero.
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Both sequence-dependent distortion correction techniques perform equally well,

minimizing the mean and median residual distortions. However, the signal integration

method requires a few hours of post-imaging computational time while the average-

image method is simple and efficient.
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Summary of Results, Overall
Conclusions and Future Work

In this thesis, MR-related geometric distortions were evaluated with emphasis given to
the MR protocols and hardware used for cranial SRS treatment planning procedures.
Two novel phantoms (a prototype and an advanced version), both similar in concept,
were designed and constructed towards this end. Accompanying methodologies and
image processing routines were also developed. In most cases, the detected distortion

was also appreciated in patient images.

In particular, using the prototype phantom and a 1.5T MR unit, gradient nonlinearity
was found to induce mean distortion of about 0.5 mm, whilst maximum values of up to
1.1 mm are reached at the edges of the examined volume. Frame induced distortion was
characterized and found to affect spatial accuracy in frame-based GK applications,
including the registration procedure between MR image coordinate system and the
stereotactic space. Distortion of several millimeters was detected within a few
centimeters from the frame base while the range of the frame induced distortion also
reached the GK Perfexion treatable area, suggesting that target localization might also
be affected in some cases. Frame induced distortion was also acknowledged in patient
MR images, using CT angiography as a reference.

Using the same phantom, the overall geometric distortion was measured for three MR
pulse sequences and scanners clinically used in SRS, while also involving a 3.0T unit.
Mapping of distortion magnitude and directionality was performed using the head coil
but without mounting a stereotactic frame to the phantom, in order to focus on Bo
inhomogeneity and gradient nonlinearity distortions only. Although mean absolute
distortion did not exceed 0.5 mm on any spatial axis, maximum detected CP
displacement reached 2 mm. This analysis also served as a comparative study between

the three clinically used MR pulse sequences.

The next step involved patient-induced distortions assessment with emphasis to
susceptibility induced distortion related to the paramagnetic nature of the Gd-based
contrast agent. The prototype phantom was modified to incorporate two small
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cylindrical inserts simulating brain metastases. The inserts were filled with various
concentrations (0-20mM) of the Gd-DTPA contrast agent. Using a composite
methodology, Gd-induced distortion was separated from Bo inhomogeneity and
gradient nonlinearity related distortions. The inserts centroids were on average
displaced by 0.204 ppm/mM which corresponds to 0.067 mm/mM for the specific
imaging conditions and parameters employed. However, since distortion magnitude
strongly depends on the susceptibility cavity size, shape, orientation with respect to Bo
and imaging parameters used, these results should only be regarded as indicative for an

SRS realistic clinical scenario.

In MR images of patients with single or multiple brain metastases, the distortion
directly affecting the target locations was assessed. Target displacement stemming from
sequence dependent distortions (including the Gd-induced one) ranged from 0.35 mm
to 0.87 mm, depending on target location, with an average value of 0.54 mm (2.24
ppm). This relative wide range of target localization uncertainty results from the fact
that the Bo inhomogeneity distortion vector in a specific location may add to or partly
counterbalance Gd-DTPA induced distortion, thus increasing or decreasing,
respectively, the total sequence dependent distortion. Although relatively small, these
distortions are present exactly at target locations, directly affecting dose delivery

accuracy.

Effort was made to determine levels of spatial uncertainty tolerance levels in realistic
VMAT plans by simulating linac-based SRS applications. Corresponding results were
strongly dependent on target size. In specific, for targets less than 2 cm in diameter, a
spatial displacement of the order of 1 mm could significantly affect both Des and
Paddick’s CI values, with differences being greater than 5% compared to the reference
(non-distorted) plan. For targets with diameter up to 3 cm, Dgs could be affected by
spatial distortions of the order of 1.5 mm. For larger target diameters, geometric
distortions greater than 2 mm are required to considerably (>5%) affect plan evaluation

indices.

A methodology was developed and implemented to assess the accuracy of distortion
correction routines, incorporated in the MR units by the vendors. These algorithms
account for gradient nonlinearity related distortion only. Clinical 1.5T and 3.0T MR

protocols were evaluated using the advanced version of the novel phantom. Results of
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this work suggest that geometric distortions could still be a concern around the edges

of the field of view even with the correction algorithms enabled.

The average-image methodology for distortion minimization was developed and
implemented in a phantom as well as patient images with multiple brain metastases.
The technique was found effective in minimizing sequence dependent distortion in and
around the target locations. In a comparative study, the average-image and the more
well-established signal integration methods were implemented to correct phantom
images. Residual distortion was evaluated using reference CP locations. Both
correction techniques were found to perform equally well, minimizing the mean and
median residual distortions, although the average-image method is clearly more

efficient and easier to implement.

Overall results of this thesis suggest that the total MR-related geometric distortion could
potentially result in target mis-positioning by more than 1 mm, especially for targets
lying at the periphery of the brain, closer to the edges of the field of view. Registration
procedures are also affected by MR distortions, adding up to the overall uncertainty.
Such levels of spatial uncertainty might exceed the margins often applied around the
GTV during target definition in SRS. This remark is even more pronounced if other
sources of spatial degradation are also considered (e.g., image registration uncertainty,
inter-fraction patient positioning, intra-fraction organ/patient motion, dose delivery
mechanical uncertainty). Concerns are raised with respect to under-dosage of tiny
peripheral targets which can result in reduced local tumor control, as well as increased

risk of radiation induced toxicity (e.g., brain necrosis).

The need for introduction of MR scanners, imaging protocols and post-imaging routines
that exhibit improved geometric accuracy is highlighted by the results of this work.
Alternatively, MR distortion correction techniques could be considered for application
in routine clinical practice, following thorough validation and quality control

procedures.

In any case, it is crucial that strict quality assurance protocols for MR-related geometric
accuracy in MR units and sequences employed in SRS treatment planning are
established and routinely performed. Relevant procedures, guidelines and tolerance
levels need to be determined first. Existing societal standards for MRI quality control

need to be updated to meet the stringent spatial accuracy demands in SRS.
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Future work should focus on addressing the above concerns. Towards this end, patient
specific sequence dependent distortion assessment presented in this thesis can be
expanded to other SRS clinical cases (besides multiple brain metastases), such as
acoustic neuromas where the target lies close to the bone-air interface and, therefore,
increased distortion could be exhibited. The effect of sequence dependent distortion in
areas away from targets should be also assessed as it is expected to reach several
millimeters at the air interfaces. The consequent impact on image registration (both
frame-based and anatomy-based) procedures is unknown. The link between spatial
uncertainty tolerance levels, the lesion size and anatomical site and plan quality
characteristics is currently missing. A patient study of adequate sample size which will
comprise of various clinical cases and anatomical sites is warranted to assess the true
clinical impact of spatial uncertainty. Moreover, introduction of distortion correction
methodologies in clinical practice should be preceded by the development of
corresponding quality control procedures for verification, benchmarking and periodic
residual distortion detection. Phantoms and techniques similar to the ones developed

for the purposes of this thesis could be considered.
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3-1: Examples of the superior soft contrast in MR compared to CT for brain
tumor delineation. (a, ¢) Axial slices of a patient with multiple brain metastases.
(b, d) Same slices acquired with MRI, following administration of contrast
210 =] 1 TP PP PRPPR 70

Figure 3-2: (a) A graphic illustration of the actual geometry of the Perfexion irradiation

unit. Each sector accommodates 24 ®Co sources, which are arranged in five
rings and can be independently moved upon a conical surface to align with the
channels of any of the three available collimator sizes. (b)—(d) Pictorial
description of the comprehensive Perfexion simulation model developed for
Monte Carlo dosimetric calculations. (b) A cross-sectional view (plane xz) of
the simulation model geometry for the case that all sources are aligned with the
16 mm collimation channels. The following parts are distinguishable: (i) the
source bushing (yellow), (ii) the primary collimator consisting mainly of Pb
(cyan), (iii) the secondary collimation system consisting mainly of tungsten
(dark blue) and (iv) the spherical phantom used to obtain dosimetry results (red).
(c) A Co source is accurately aligned with the collimation channel of the 4
mm collimator. The ®Co pellets are depicted in magenta. (d) The same source
has been moved and positioned to deliver a 16 mm shot. A small geometric shift
and tilt is induced between the source’s central axis and the collimation channel.
In sub-figures (c) and (d), note that the capsule (light blue) interleaves the space
between the source and the collimation channel, while this is not the case for
the DUSNING PAIT. ... e 74
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Figure 3-3: (a) The frame base of the Leksell stereotactic frame model G. (b) The MR

indicator box. Images taken from [elekta.com]. ........cccccoveviviieiicve e, 75

Figure 3-4: All parts comprising the Leksell stereotactic frame model G. The frame
base and the MR indicator box are fixed on a distortion detection phantom. .76

Figure 3-5: The minimally invasive Leksell stereotactic frame is firmly fixed on the
patient using the four pins, prior to MR image acquisitions. The MR indicator
box should also be fixed (not shown here). Images taken from [Elekta official
youtube Channel]. ..o 79

Figure 4-1: (a) The developed phantom. (b) The Leksell indicator box mounted on the
phantom. (c) The Leksell stereotactic frame model G also fixed on the phantom.
(d) The phantom being placed in the head coil used in intracranial MRI scanning
for Gamma Knife radiosurgery treatment planning. ..........cc.ccocevvvnvnvnnninennenn. 85

Figure 4-2: An indicative axial slice of the performed MR scan series #1 nF (a) and CT
scan (b), depicting the high contrast between CPs and acrylic. The N shaped
fiducials of the Leksell localization box are also visible. Presented images are
Not spatially CO-TEQISTEIEd. ........ooviiiieieiee e 90

Figure 4-3: Distortion vectors for the axial (a),(c),(e) plane close to the phantom and
frame base (see Figure 4-1) and the coronal (b),(d),(f) plane of the phantom.
Initial points correspond to CT-identified CP locations while terminal points to
MRI-averaged ones. Distortion vectors correspond to analysis performed for
image series 1-2 nF (a),(b), 3-4 F (c),(d) and 5-6 F (e),(f) (see Table 4-1). For
figures (c)-(f), the contour of the frame base is also depicted. All vectors’
lengths have been magnified by a factor of 3 to facilitate readability. The MR
scanner’s coordinate system is adopted. Note that in (c) and (e) frame base is
projected on the axial plane as it actually lied at a distance of approximately 15
mm towards negative z axis. The gray dashed lines on figures (b),(d),(f)
highlight location of the axial planes shown in figures (a),(c),(e), respectively.
The yellow mark on frame base depicts the reference point for distances

Presented INFIQUIE 4-4. ........oooii ettt 9
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Figure 4-4: Total magnitude of detected CP displacements for three MRI-averaged
datasets, image series #1-2 nF, 3-4 F and 7-8 mF. Distortion of 72 CPs is
presented against their radial distance from the reference point on the frame base
(depicted in figure 3). Although the frame was not fixed in image series #1-2
nF, corresponding data using the same reference point are also included for
comparison. Dashed lines correspond to fitted trend lines of the form y=a/x + b

10 QUIAE the BYE. ... s 95

Figure 4-5: Coronal slice acquired by employing the 3D T2w b-FFE sequence with (a)
and without (b) the frame fixed on the phantom (the one sagittal and the three
axial acrylic planes are evident in both images). Fiducials from the indicator
box are highlighted using red circles. Red dashed lines have been manually
drawn to examine co-linearity between fiducials. Red arrows point to severe

deformation of the phantom’s external shape close to the frame base. ........... 97

Figure 4-6: Snapshot of Leksell GammaPlan v.10 treatment planning system. Post-Gd
axial image (left) and sagittal reformat (right) of the derived "average” MRI
dataset (top row), along with corresponding CT-angiography images (bottom
row) in the brain stem area of the scanned patient. The vertebral arteries lying
in the vicinity of the frame base, but still within the treatable area with
Perfexion, were contoured (red polygons) at the level of the foramen magnum
on the CT series and superimposed to the MRI SEries...........ccvevevvevcverveinnnnnn 98

Figure 4-7: As in Figure 4-6, but in this case the contoured vessel (part of the superior
cerebellar artery) is now lying at a significant distance (more than 15 cm) from

TNE FTAIME DASE. oottt eee e eeeeereeeeeeeeeees 99

Figure 5-1: (a) The phantom utilized in this study filled with copper sulfate solution.
(b) The phantom being MR scanned using the head coil.................c.ccooene.e. 108

Figure 5-2: Overview of the workflow for distortion detection implemented in this
SEUDY. ettt bbbt bbbttt n e 109

Figure 5-3: Total geometric distortion detected at all 947 CP locations for the three
clinically used imaging protocols. Results are presented against radial distance

from the corresponding MR scanner’s iSOCENLET. .........occverriiveiieriinierseennenns 112
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Figure 5-4: Total distortion maps (dtotR) on a sagittal plane at x=0 mm for FSPGR

BRAVO (left), FSPGR 3DT1w (middle) and Tlw MPRAGE (right). ......... 113

Figure 5-5: Distortion vectors on a sagittal plane at x=0 mm for FSPGR BRAVO (left),

Figure

Figure

Figure

FSPGR 3DTIlw (middle) and Tlw MPRAGE (right). Vectors’ lengths have
been magnified by a factor of three to increase visibility..............ccccccueennee. 114

6-1: The distortion detection phantom used in this study. (a) Two cylindrical
inserts were fixed on the removable top cap (S side of the phantom) shown on
the left. (b) The phantom positioned at scanning orientation with the top
[0 oTU T g1 (=70 oo SRS PR 119

6-2: Axial slice intersecting the cylindrical inserts of the phantom with
frequency encoded direction set on A-P (a),(b),(d),e) and P-A (c),(f) directions.
Inserts are filled with saline (no contrast agent) (top row) or 20 Mm of Gd-
DTPA (bottom row). (a),(d) Distortion maps derived using the field mapping
technique. (b),(c),(e),(f) T1w images of the same slice. Reversing read gradient
polarity has no apparent effect on insert position but evidently displaces the

CONEraSt ageNt SIGNAL. ......cviiiiiiiiir e 126

6-3: Axial slice intersecting the cylindrical inserts of the phantom with
frequency encoded direction set on L-R (a),(b),(d),(e) and R-L (c),(f) directions.
Inserts are filled with saline (no contrast agent) (top row) or 20 Mm of Gd-
DTPA (bottom row). (a),(d) Distortion maps derived using the field mapping
technique. (b),(c),(e),(f) T1w images of the same slice. Reversing read gradient
polarity has no apparent effect on insert position but evidently displaces the

contrast agent SIgNal..........ccoveoviiiiicii e 127

Figure 6-4: Estimated net centroid offset for both cylindrical inserts as a function of

contrast agent concentration. (a) Frequency encoding direction set on the y-axis
(P-A and A-P). (b) Frequency encoding direction set on the x-axis (L-R and R-

L). Dashed lines were derived by linear fitting of the corresponding data....127

Figure 6-5: Fitted slopes for net centroid offset vs Gd-DTPA concentration. Error bars

correspond to the uncertainty of the slopes (at 67% confidence level) as
determined by linear regression analysis. ..........ccocvveiiineneneneneseeeees 128
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Figure

Figure

Figure

6-6: (a) Field mapping derived distortion map corresponding to an axial slice
with two brain metastases (metastases #4 and 5 in Table 6-3). (b) Fused forward
(A-P) and reversed (P-A) polarity MR images using the clinically employed MR
protocol for SRS treatment planning. Corresponding pixels with different values
are depicted in color (green and purple for higher values in forward and reversed
images, respectively). The area of the two metastases is depicted magnified in
the insert. The red arrow points to the area of the two metastases. (c) Normalized
pixel intensity profiles for the two images along the red dashed line that runs

parallel to the Y-aXiS.......ccccveiiiiiiiee s 130

6-7: (a) Field mapping derived distortion map corresponding to an axial slice
with one brain metastasis (met #10 in Table 6-3. (b) Fused forward (A-P) and
reversed (P-A) polarity MR images acquired using the clinically employed MR
protocol for SRS treatment planning. Corresponding pixels with different values
are depicted in color (green and purple for higher values in forward and reversed
images, respectively). The metastasis area is depicted magnified in the insert.
The red arrow points to the metastasis location. (c) Normalized pixel intensity
profiles for the two images along the red dashed line that runs parallel to the y-
BXIS. 1ttt ettt bbb Rt R e Rt et b nb e beabenbeene e enes 131

7-1: Calculated DVHs for the original plan (No Offset) as well as for the
deliberately mispositioned targets towards the x direction (0.5 up to 3mm

Offset) for four representative target SizeS..........cocevvveveiieieeie i, 137

Figure 7-2: Geometric uncertainty on X, y and z axes resulting in difference greater than

5% in Dgs value as a function of target diameter. ..........ccoceeeveiinenenieienn, 140

Figure 8-1: Views of the 3D model of the high-resolution distortion detection phantom

Figure

during the designing StAge. .......coveiieiicie e 147

8-2: Pictures of the phantom developed for high resolution residual distortion
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Figure 8-3: CT (top row) and MR (bottom row) scans of the high-resolution distortion

detection phantom developed. Indicative central axial (left) and sagittal (right)

SIICES Are PreSENEA. ......viiiiiiiie e 149
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Figure 8-4: MR images fused with CT scans of the new phantom for a slice lying at the

Figure

Figure

Figure

S side before (left) and after (right) having enabled the vendor-supplied
diStortion COrreCtioN FOULINES. ......ccvveuieieiieieeie et 150

9-1: Print-screen images from the GammaPlan treatment planning system
presenting the central axial (left column), sagittal (middle column), and coronal
(right column) planes of the radiation-induced polymerization distribution
corresponding to the 4mm shot with reference coordinates (X, y, z) = (100, 100,
100) as shown in forward (top row), reverse (middle row), and average images
(bottom row). The target contour defined independently in forward, reverse, and
average series following registration in the stereotactic space is marked with
red, blue, and green, respectively. The prescription isodose, as planned in the
forward MR series, iS Shown in YEHOW. .......cccoviiiiiiiiiie e 156

9-2: The geometrical uncertainty vector dRtot determined for the 2 series
acquired with forward (left) and reverse polarity (middle), as well as for their
average series (right). Distortion measurements are presented as a spatial
distribution of scaled vectors: the origin of each vector coincides with the
reference coordinates of the corresponding shot’s CM, whereas its length,
denoting the measured distortion magnitude, is scaled to the length of the gray
vectors residing on (x, y, z) = (170, 30, 30), which corresponds to a 1.5 mm
distortion. For reasons of clarity, the length of the presented vectors was scaled
DY @ FACIOr OF 20. ... 157

9-3: Print-screen images from the GammaPlan treatment planning system
presenting the central axial (left column), sagittal (middle column), and coronal
(right column) views of a 1 cm metastasis as shown in forward (top row),
reverse (middle row), and average images (bottom row). The target contour
defined independently in forward, reverse, and average series following
registration in the stereotactic space is marked with red, blue, and green,
respectively. The prescription isodose, as planned in the forward MR series, is

SNOWN TN YEITOW. ..o 159

Figure 9-4: Geometric uncertainty and underdosage results associated with the forward

series in a patient with 19 metastases. (a) The geometric uncertainty vectors,
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dRtot, are presented as scaled vectors similarly to those shown in Figure 9-2.
(b) Target underdosage results were derived from target coverage of the
prescription dose in the average images (the center and the diameter of each
sphere coincides with the center and diameter of a target metastasis, whereas its
color denotes the percentage of underdosage according to the presented color
0T ) TSRS 161

Figure 10-1: Distortion vectors (magnified by a factor of 15 to facilitate readability) for
an indicative axial plane of the phantom corresponding to the original (a), as
well as the average-image (b) and signal integration (c) corrected images with

the read gradient direction set 0N the Y-axis. ......c.ccccvveveiievieie i 168

Figure 10-2: Histograms of the identified distortion for the original and corrected

images with the read gradient direction set on y-axis (a) and x-axis (b). ......169
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Appendix

The 3D phase unwrapping algorithm developed in MATLAB for the purposes of this
thesis. It is a guided unwrapping algorithm with the negated magnitude image stack
serving as the noise estimator field. The algorithm is based on the work of [97] but was
expanded to work in 3D. The negated magnitude image is used as the noise estimator
field for guiding the unwrapping direction. Routines for importing the corresponding

dicom images and other auxilliary commands are not included.

o\°
o\°
o\°

o

¢ 3D guided Phase Unwrapping Algorithm - based on the work of
Cusack and Papadakis (2002), extended to work in 3D.

%$%%% The negated magnitude is used as the noise estimator field for
guiding the direction of unwrapping

%%%% Developed in MATLAB by E P Pappas, National and Kapodistrian
University of Athens

oe

clear all
load ('unwrapdataDSTEO6G6.mat") ;

o\°

% PhaseMap=angle (ComplexIm ETI); % set complex matrix name
% MagnitudeMap=abs (ComplexIm ETI1); % set complex matrix name

oe

DTEn=DSTEQG;
-—--Define initial parameters--—-—--—-—----"-""-""-"-"-"—-"—"—-"—"—"—-"—"—"—"—"—"—~—"—~—~—~—~—~—~—~—~——

oe

PhaseMap=PhaseMap out (:,:,1:100);
MaskingCube = L 20mM ET1 Mag(:,:,1:100); % Mag cube used to determine
the

% VOI extraction" mask

NoiseEstimator= -MaskingCube; % negated magnitude as noise estimator
field

step=5; % set step for threshold

LowValue = 250; % set Lowest magnitude Value for
extraction

minVox = 30; % Defines the minimum No of voxels that
a

oe

detected VOI must have

% clear PhaseMap DSTE06

[ ~, ~, ~, ~, Maskall, statsall ] =
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MaskingObjectV2 ( MaskingCube, LowValue,
minVox ) ;

figure, Mont AsItIs(Maskall, [0 1]); impixelinfo;

PhaseMap (Maskall==0)=NaN;

clear Mag STE26 MagC STE36

[Objects, num]=bwlabeln (Maskall, 26);

figure, Mont AsItIs(Objects, [0 num]); impixelinfo;

for i=1:num;
clear s centro bb

s = regionprops (Objects == i, 'Centroid’');
centro = round(s.Centroid) ;
bb = zeros(size (NoiseEstimator)):;
for m=(centro(2)-30) : (centro(2)+30);
for l=(centro(l)-30): (centro(l)+30);
for n=(centro(3)-5): (centro(3)+5);

if n <= size(NoiseEstimator,3) && n >= 1
&& m <= size (NoiseEstimator,l) && m >= 1
&& 1 <= size (NoiseEstimator,2) && 1>=1;

bb(m,1,n)=1;
end
end
end
end

seedNoise = bb.*NoiseEstimator;
ind = find(seedNoise == min(seedNoise(:))); % find position of
min noise
[Yseed{i} Xseed{i} Zseed{i}]=ind2sub (size (seedNoise),ind);
thresl{i} = seedNoise(Yseed{i} (1),Xseed{i} (1),Zseed{i} (1)); %

initial noise field threshold

end

threslAll thresl;

threslval = min(cell2mat (thresl));

clear bb 1 m n i t ind seedNoise MagnitudeMap statsbig Objectbig s
centro num MaskingCube thresl

%% UNWRAPPING

tic
UnwrapIndex = false(size (PhaseMap)); % binary map for indexing
unwrapped elements
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[

UnwrappedMap = zeros(size (PhaseMap)); % initial phase unwrapped map

for k = 1l:length(Yseed);
UnwrappedMap (Yseed{k} (1),Xseed{k} (1), Zseed{k} (1))=

PhaseMap (Yseed{k} (1) ,Xseed{k} (1),Zseed{k} (1)) ;

UnwrapIndex (Yseed{k} (1),Xseed{k} (1l),Zseed{k} (1))= 1; % min noise
seeds are considered already unwrapped
end
clear k
itt=0;
nvoxels=numel (PhaseMap); % total number of voxels
h = waitbar (0, 'Please wait...', 'Name', 'Phase Unwrapping', ... %

set up a waitbar
'CreateCancelBtn', 'setappdata (gcbf, ' 'canceling'',1)");
setappdata (h, 'canceling',0)

while sum(UnwrapIndex(:))~=nvoxels; % loop until all voxels are
unwrapped
thres=threslval+itt*step;
itt=itt+1;
NewUnwraps=UnwrapIndex; % binary map flagging new unwraps
waitbar (sum(UnwrapIndex (:)) /nvoxels,h,sprintf ('Elapsed time:

%3.2f sec Itt: %3.0f out of %3.0f',toc,itt-1,-threslval/step+1))
if getappdata (h, 'canceling') % check if cancel has been pressed

break
end
while sum (NewUnwraps(:))~=0; %loop until there are no new
unwraps

[

% locate all recently unwrapped voxels
clear Yseed Xseed Zseed unwr
ind=find (NewUnwraps==1) ;
[Yseed Xseed Zseed]=ind2sub (size (NewUnwraps),ind);
clear ind
counts=sum (NewUnwraps (:)) ; % number of recently
unwrapped voxels
NewUnwraps=false (size (PhaseMap)); % reset flag
for i=l:counts;
% check all neighbors of recently unwrapped voxels,
% ignore those exceeding cube dimensions
if Yseed(i)<size (PhaseMap,1l);
if
NoiseEstimator (Yseed (i) +1,Xseed (1), Zseed (1)
UnwrapIndex (Yseed (i) +1,Xseed (1),Zseed (i) )==
UnwrapIndex (Yseed (i) ,Xseed (1),Zseed(i))==1;

) <=thres &&
0 &&

unwr=unwrap ( [UnwrappedMap (Yseed (i) ,Xseed (i), Zseed (1))
PhaseMap (Yseed (i) +1,Xseed (i), Zseed (1)) 1) % unwrap neighborl

UnwrappedMap (Yseed (1) +1,Xseed (1), Zseed (1) )=unwr(2) ;

UnwrapIndex (Yseed (i) +1,Xseed (1i),Zseed(i))=1;
% flag voxel as unwrapped
NewUnwraps (Yseed (i) +1,Xseed (1) ,%Zseed (i) )=1;
% flag recently unwrapped voxel
end

end
if Yseed(i)>1;

if NoiseEstimator (Yseed (i) -
1,Xseed (i), Zseed (i) )<=thres && UnwrapIndex (Yseed(i) -
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)==0 &&

1,Xseed (i), Zseed (1)
(1) ,Xseed (i), Zseed (1)) ==1;

UnwrapIndex (Yseed

unwr=unwrap ( [UnwrappedMap (Yseed (i) , Xseed (i), Zseed (1))
PhaseMap (Yseed (i) -1, Xseed (i), Zseed (1)) 1)

UnwrappedMap (Yseed (i) —
1,Xseed (i), Zseed (1) )=unwr (2);

UnwrapIndex (Yseed(i)-1,Xseed (1), Zseed (1))=1;
NewUnwraps (Yseed (i) -1,Xseed (1) ,Zseed (i) )=1;
end
end
if Xseed(i)<size (PhaseMap,?2);
if
NoiseEstimator (Yseed (i) ,Xseed (i) +1, Zseed (i) )<=thres &&
UnwrapIndex (Yseed (i) ,Xseed(i)+1, Zseed (1) )==0 &&
UnwrapIndex (Yseed (i) ,Xseed (i), Zseed(i))==1;
unwr=unwrap ( [UnwrappedMap (Yseed (i) ,Xseed (i), Zseed (1))
PhaseMap (Yseed (i) ,Xseed (i) +1,Zseed (1)) ]);
UnwrappedMap (Yseed (1) ,Xseed (1) +1,Zseed (1) )=unwr(2);
UnwrapIndex (Yseed (i) ,Xseed(i)+1,Zseed (1))=1;
NewUnwraps (Yseed (i) ,Xseed (i) +1,Zseed (1)) =1;
end
end
if Xseed(i)>1;
if NoiseEstimator (Yseed (i), Xseed (i) -
1,Zseed (i) )<=thres && UnwrapIndex (Yseed(i),Xseed(i)-1,Zseed(i))==0 &&
UnwrapIndex (Yseed (i) ,Xseed(1i),Zseed(i))==1;
unwr=unwrap ( [UnwrappedMap (Yseed (i) ,Xseed (i), Zseed (1))
PhaseMap (Yseed (1) ,Xseed(i)-1,Zseed (1)) 1)
UnwrappedMap (Yseed (1) ,Xseed (1) -
1,Zseed (i) )=unwr (2);
UnwrapIndex (Yseed (i) ,Xseed(i)-1,Zseed(i))=1;
NewUnwraps (Yseed (i) ,Xseed (i) -1,Zseed (i) )=1;
end
end
if Zseed(i)<size (PhaseMap, 3);
if
NoiseEstimator (Yseed (i) ,Xseed (i), Zseed (i) +1)<=thres &&
UnwrapIndex (Yseed (i) ,Xseed (i), Zseed(i)+1)==0 &&
UnwrapIndex (Yseed (i) ,Xseed (1),Zseed(i))==1;
unwr=unwrap ( [UnwrappedMap (Yseed (i) ,Xseed (i), Zseed (1))
PhaseMap (Yseed (i) ,Xseed (i), Zseed (i)+1)1]);
UnwrappedMap (Yseed (1) ,Xseed (1), Zseed (1) +1)=unwr(2);
UnwrapIndex (Yseed (i) ,Xseed (i), Zseed (i)+1)=1;
NewUnwraps (Yseed (i) ,Xseed (i), Zseed (1) +1)=1;
end
end

if Zseed(i)>1;
if NoiseEstimator (Yseed (i), Xseed (i), Zseed (i) -
1)<=thres && UnwrapIndex (Yseed(i),Xseed(i),Zseed(i)-1)==0 &&
UnwrapIndex (Yseed (i) ,Xseed (i), Zseed (i) )==1;
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unwr=unwrap ( [UnwrappedMap (Yseed (i) ,Xseed (i), Zseed (1))
PhaseMap (Yseed (1) ,Xseed (i), Zseed (1)-1)1);
UnwrappedMap (Yseed (i) ,Xseed (1), Zseed (1) -
1)=unwr (2) ;
UnwrapIndex (Yseed (i) ,Xseed (i), Zseed (i) -1
)

NewUnwraps (Yseed (i) ,Xseed (i), Zseed (i) -1
end
end
end
end

end

delete (h)
toc

clear k NewUnwraps Yseed Xseed Zseed ind UnwrapIndex h i cellarr
counts unwr NoiseEstim

[

% Mont AsItIs(UnwrappedMap, []);
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